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The limited availability of autografts has driven tissue engineers to fabricate 
synthetic grafts that temporarily replace tissue function and direct tissue regeneration. To 
achieve functional repair, these grafts need to possess the appropriate mechanical 
properties to restore tissue function, degrade at the corollary healing rate to permit new 
tissue growth, and contain the necessary bioactive cues to direct neotissue formation. 
Electrospinning, a technique to fabricate fibrous scaffolds, has the potential to provide the 
high degree of control that is needed to meet the requirements of targeted tissue 
regeneration through modulation of fiber composition, morphology, and macro-
architecture.  
In this work, we detail novel methods to rationally design electrospun tissue 
engineering scaffolds with defined architecture such that degradation rate, bioactivity, 
release kinetics, and gradient compositions can be tuned to suit the criteria of various 
applications. In all, these studies aim to advance electrospun scaffolds through improved 
hierarchical design. First, we developed a reactive electrospinning method to crosslink 
gelatin in situ in order to maintain fiber morphology, and thus scaffold properties, upon 
implantation with controlled degradation rates. This platform was then utilized to develop 
a bilayer wrap with tunable bioactivity to spatially control cellular attachment. This bilayer 
wrap was assessed to demonstrate potential as an improved intestinal adhesion barrier. 
Next, the in situ reactive crosslinking methodology, along with a developed in situ 
photocrosslinking system, were used as tools to tune the release rate of growth factors 
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from electrospun gelatin fibers. Through co-electrospinning these in situ crosslinking 
strategies, we developed a method to enable independent control over multi-factor release 
from a single electrospun mesh across a wide range of release rates. Finally, a novel 
electrospinning method to produce gradients along the direction of fiber alignment was 
developed for interfacial applications. This permitted the formation of parallel mechanical, 
biochemical, and topographical gradients to better mimic native tissue transitions by 
spatially controlling cellular behavior.  
Overall, this work enhances the capabilities of electrospinning such that we can 
generate higher functioning grafts with tunable complexities to better mimic native tissues. 
The methodologies developed here provide a platform for future innovation within 
electrospinning with the potential to fabricate targeted scaffolds for various applications 
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CHAPTER I  
INTRODUCTION: RECENT ADVANCEMENTS IN ELECTROSPINNING DESIGN 
FOR TISSUE ENGINEERING APPLICATIONS: A REVIEW* 
 
1.1 Introduction 
In recent years, electrospinning has emerged as a popular technique to fabricate 
fibrous scaffolds with large surface area-to-volume ratios and nano- to micron-sized 
fibers. The fibrous nature of electrospun scaffolds provides a method to mimic native 
extracellular matrix (ECM) and act as a temporary, functional environment for cells during 
tissue regeneration. Due in part to its versatility, electrospun scaffolds have been 
investigated for a wide range of tissue engineering applications, ranging from vascular and 
skin grafts to drug delivery devices.1-5 Beyond its tunability, the relative low-cost and 
simple setup of electrospinning has made it a popular choice for scaffold fabrication. 
Electrospinning involves the pumping of a polymer solution through a needle tip that is 
placed a designated distance away from a grounded, or oppositely charged, collector.6 
When a voltage is applied at the needle tip, the electrostatic force within the droplet 
overcomes the surface tension of the droplet at the needle tip causing a liquid jet to erupt 
from the needle. The electrically charged jet then undergoes a bending instability that 
causes it to rapidly whip in multiple expanding loops as it travels to the collector. This 
*Reprinted with permission from “Recent advancements in electrospinning design for 
tissue engineering applications: A review” by AP Kishan and EM Cosgriff-Hernandez. 
Journal of Biomedical Materials Research Part A 2017, In Press. Copyright (2017) John 
Wiley and Sons. 
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whipping process causes stretching and thinning into micron- and nanometer diameter 
fibers while facilitating solvent evaporation,  Figure 1.1.7 The resulting scaffold is a non-
woven fiber mesh with geometry dictated by the collector and electrospinning setup. 
Recent investigation has focused on extending the capabilities of electrospinning to 
produce scaffolds with more complex geometries and fiber morphologies. Researchers 
have developed methods to produce a broad range of architectures from fibers with core-
shell morphology to scaffolds with gradient properties and patterned fiber deposition.8-10 
These methodologies provide several tools to emulate complex tissue structures in order 
to better recapitulate tissue function.  
 The structural resemblance of electrospun fibers to native ECM further motivates 
the use of electrospun scaffolds in tissue engineering applications. The fiber morphology, 
including fiber diameter and fiber orientation, have been shown to have a direct impact 
upon cellular behavior.11,12 In addition to fiber morphology, bioactive molecules (e.g. 
growth factors, cell adhesive peptides) have been incorporated into electrospun meshes to 
direct cellular behavior.13,14 Despite the advantages of modulating these structural and 
biochemical cues to guide cell behavior, one inherent limitation of electrospinning is the 
relatively poor cellular infiltration into the depth of the scaffold due to small pore size and 
high fiber packing densities. A number of strategies, ranging from sacrificial components 
to post-processing procedures, have been developed to address this limitation and expand 
the application of electrospun scaffolds in tissue engineering.15-17  
The objective of this review is to provide a summary of the recent advances in 
electrospinning design for tissue engineering applications. An overview of the processing 
3 
variables and setups used to modulate scaffold architecture is provided and strategies to 
improve cellular infiltration and guide cell behavior are discussed. A brief summary of 
electrospinning applications in tissue engineering is also provided. Given that 
electrospinning parameters and their effect upon fiber morphology have been discussed in 
other recent reviews, these aspects are not described in detail here.6,18,19 
Figure 1.1 A) Traditional electrospinning set up B) Macroimage of an elecrospun mesh 
C) Scanning electron micrograph of electrospun polyurethane fibers.
1.2 Electrospinning Modifications 
Fiber morphology is dependent on a number of processing parameters that are 
typically divided into the intrinsic properties of the solution (e.g. polymer, concentration, 
conductivity, polarity, surface tension of the solvent), the processing conditions (e.g. 
applied voltage, distance to the collector, flow rate), and the environmental conditions 
(e.g. humidity, temperature). Given the number of parameters that contribute to fiber 
morphology, the technique is highly tunable with the ability to modify fiber geometry, 
collection, and orientation through a variety of set up modifications. This tunability 
permits the fabrication of scaffolds for a wide range of applications. In this section, 
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fundamental electrospinning parameters will be described and advances in electrospinning 
setups and the resulting architectures will be discussed.   
1.2.1 Effects of Modulating Solution and Processing Parameters 
Modification of electrospun fiber morphology is generally accomplished by 
balancing solution viscosity and the electrostatic repulsion that drives fiber drawing. 
Solution viscosity, which can be controlled by polymer concentration and molecular 
weight, must be sufficient to withstand electrostatic repulsion forces during fiber drawing 
or fiber breakage will result in droplet formation and electrospraying.20 Polymer 
concentration is often the first parameter utilized to modulate solution viscosity with 
increased solution viscosity resulting in larger fiber diameters 21-25 and decreased bead 
formation along the fiber.22,24-33 A critical entanglement concentration is defined as the 
lowest concentration that a given solution must reach to create sufficient chain 
entanglements to maintain a fiber instead of a droplet. The critical entanglement 
concentration is dependent upon polymer molecular weight with low molecular weight 
polymers unable to form sufficient chain entanglements for fiber formation. Therefore, 
increasing molecular weight independent of other variables can also be used to decrease 
beading.26,34,35 Alternatively, the electrostatic repulsion forces can be modulated by 
changing the solution conductivity. Increasing solution conductivity can result in defect-
free fibers36-39, decreased bead formation.40-42, and smaller fiber diameters as a result of 
increased charge repulsion.43,44 The choice of solvent largely dictates the dielectric 
constant of the solution with dissociation of electrolytic species under an applied electric 
field occurring more readily in solvents with high-dielectric constants. In general, the 
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higher the dielectric constant of the solvent, the lower the applied voltage needs to be in 
order to generate the critical density of free charge to initiate the requisite bending 
instability for fiber formation. Additional methods to control conductivity include the 
addition of salts or utilization of a conductive polymer. 
In addition to changing the solution variables, processing variables, such as flow 
rate, distance to the collector, and applied voltage, also impact fiber morphology. Flow 
rate determines the size of the solution droplet that is exposed to the electric field at the 
needle tip. Increasing the flow rate can result in increased fiber wetness33 and increased 
bead formation.24,27,32,33,37,40 The distance from the needle tip to the collector dictates the 
whipping time for the jet with a greater distance allowing for more solvent evaporation 
and decreased fiber wetness.29,30 Increased whipping time also prolongs the exposure of 
the fibrous jet to the electric field, potentially causing fiber splitting and decreased fiber 
diameter.31,32  The applied voltage will alter both the electrostatic charge repulsion and the 
overall electric field between the needle tip and the collector. Increasing voltage has been 
shown to decrease fiber diameter26,28-31 and cause increased beading.22,23,26,27,36  
1.2.2 Electrospinning Set Up Modifications 
Beyond the variations permitted with the traditional setup (Figure 1.1), researchers 
have broadly expanded the resulting scaffold architectures and fiber morphologies 
available by developing new setups that provide control of co-spinning/blending, fiber 
orientation, and targeted collection. The following three sections highlight recent 
advancements in electrospinning setups to control fiber composition, fiber orientation, and 
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scaffold architecture and composition with schematics (Figure 1.2, Figure 1.3, and 
Figure 1.4) and key features.  
1.2.2.1 Fiber Composition  
Co-axial Electrospinning:  Coaxial or core-shell electrospinning has been 
developed in the past ten years for a wide variety of applications.45-47 Two separate 
polymer solutions are fed into a coaxial needle, or to concentrically arranged needles, and 
a compound droplet at the end of such needle with a compound jet electrospun from its 
tip. The compound jet will be stretched and whipped while concurrent solvent evaporation 
occurs, similar to the traditional setup.48 It is expected that the electrospinning process 
occurs too quickly for any mixing of the core and shell polymers, or any compounds 
contained within, resulting in a relatively smooth core-shell interface 45. However, the 
interface has been perturbed in some cases due to an onset of bending instability.13,45,49 
Coaxial electrospinning is especially beneficial for materials that will not form fibers by 
themselves. These materials can be included as the core within a polymer shell.45 The feed 
rate of the inner dope can be altered to adjust the thickness of the core and shell.13 Zhang, 
et al. investigated methods to control the thickness of the shell by varying the 
concentration of the inner dope while maintaining a fixed concentration of the outer dope.8 
In addition, increasing the inner dope concentration increased both the core size and the 
overall fiber diameter.8 Increasing the inner flow rate increased fiber diameter and allowed 
for greater drug loading.8 This method of drug loading resulted in a more sustained release 
than a fiber blend.3,50,51 Potential applications of core-shell nanofibers include preserving 
unstable biological agents from aggressive environments, preventing decomposition of a 
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labile compound under certain conditions, providing sustained delivery of a biomolecular 
drug, and enabling surface functionalization without affecting the core material.8 
Alternately, core-shell fibers have been fabricated by electrospinning an immiscible blend 
of polymers.52 Hollow nanotubes have also been fabricated by selective removal of the 
core.48,53,54  
Fiber Blending: In order to achieve the properties of two separate polymers at 
once, many researchers have turned to fiber blending. Two polymer solutions are fed 
through a mixing head leading to a single spinneret to enable blending prior fiber 
drawing.55-59 This approach has been widely utilized to combine synthetic and natural 
polymers in an effort to maximize both mechanical and bioactive properties. Kim et al. 
employed in-line blending in order to fabricate gelatin/polyurethane scaffolds for wound 
dressing applications.60 In-line blending also permits generation of gradients across the 
depth of a scaffold.14,61 By connecting two solutions in parallel and decreasing the flow of 
solution 1 while increasing the flow rate of solution 2, groups have been able to establish 
a steady compositional gradient between the solutions. Sundararaghavan et al. investigated 
this method in order to create a cellular adhesive gradient (through inclusion of RGD 
peptide) in order to direct cellular migration into the depth of the mesh.14 Alternatively, 
bicomponent fibers have been fabricated by electrospinning an immiscible blend of 
polymers such that a single fiber is formed containing two layers.62-64 This “side-by-side” 
approach enables the fabrication of multimaterial fibers when the thermodynamic and 
kinetic aspects are not favorable, as needed for blending.  
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Emulsion Electrospinning: Emulsion electrospinning enables the encapsulation 
of compounds within fibers for drug delivery applications and fabrication of porous fibers 
to enhance mesh porosity. Many studies have reported successful encapsulation of 
hydrophobic compounds (mineral oil, β-carotene, fish oil, n-butyl acetate) within 
hydrophilic polymers.65-69 Surfactants such as Pluronics P105, Tween 20, and Span 80 are 
often used to stabilize the emulsion for the course of spinning. Enzymes, growth factors, 
and drugs are often emulsified within hydrophobic polymers in order to retain bioactivity 
and promote sustained release over standard blending procedures.70-72  
Edge Electrospinning: Electropsinning has had limited success in terms of 
industrial implementation due to its slow production rate. In traditional methods, users 
often increase the flow rate in order to enhance collection from the single jet. To this end, 
many researchers have developed techniques to produce multiple spinning sites from a 
single spinneret to increase collection rates. Methods range from creating multiple jets 
from a single needle aperature to generating jet sites without needles at all. This needle-
less method has shown great promise with many researchers electrospinning from channel 
inlets, thin disks, and plate edges.73-78 By applying a high voltage to multiple fluid streams 
at once, several jets can be produced from a single spinneret thereby increasing collection. 
For example, Thoppey et al. electrospun PCL utilizing a novel edge method from a 
shallow bowl and found a 40 fold increase in production rate while maintaining fiber 
morphology as compared to the traditional electrospun control.74  
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Figure 1.2 Schematics of electrospinning methods to alter fiber composition. 
1.2.2.2 Fiber Orientation 
Rotating Mandrel Alignment: The most common way to induce fibers to align is 
through the use of a rotating mandrel collector. Matthews et al. investigated the effect of 
rotational speed on the degree of alignment of collagen fibers.79 Several reports describe 
a minimum rotational speed to induce alignment and a critical rotational speed exists, after 
which fiber breakage occurs.80 Kim et al. varied the linear velocity of the rotating mandrel 
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to investigate the effect on the crystallinity and mechanical properties of electrospun 
poly(ethylene terephthalate) (PET). PET fibers were found to decrease in crystallinity with 
increasing mandrel rotation, which was attributed to rapid solidification and collection of 
fibers.21 Increased rotational speed, and thereby fiber alignment, also increased the 
modulus and tensile stress of PET fibers in the direction of alignment as compared to 
randomly aligned fibers.21 Fiber alignment through the use of a rotating mandrel is widely 
utilized and considered the most effective alignment method in electrospinning.   
 Gap Electrospinning: In contrast to mechanical fiber alignment, an aligned fiber 
array can be achieved by targeted fiber deposition across two conducting electrodes 
separated by an insulating gap. Li et al. established a simple and versatile method to 
fabricate uniaxially aligned fibers over large areas by altering the traditional collector to 
include an insulating gap.81 Two strips of conducting metal are separated by a gap across 
which the fibers stretch in an aligned manner. When a solid conductive plate is utilized as 
the collector, the electrostatic force that is the fiber is exposed to has no preferential 
direction, and thereby there is no order to the way fibers are collected. However, when an 
insulating gap is introduced into the collector, the electrostatic forces become direction 
dependent causing the fibers to collect in a directed manner.81 Several researchers have 
utilized this method to produce highly aligned fibers. Alignment in this set up is limited 
by thickness as charge build up within the fibers causes them to act as a conventional 
collector, thereby causing fibers to collect in an increasingly random manner. However, 
to circumvent the thickness limitation, these aligned fibers can then be stacked layer-by-
layer to create thicker constructs.82 Additionally, several combinations of electrodes can 
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be used in order to generate multi-layered scaffolds with alternating alignment. Complex 
architecture can be fabricated by modulating electrode configuration and by alternating 
the applied grounding charge.83  
Magnetic Electrospinning: Magnetic electrospinning has been introduced in 
recent years as an additional method to direct alignment of fibers.82 By magnetizing the 
polymer solution through the addition of magnetic polymers, Yang et al. were able to 
direct alignment across a magnetic field generated by two parallel-positioned magnets.84 
The magnetic field stretched the fibers to align them across the gap, which can range from 
a few millimeters to several centimeters. Liu et al. further manipulated this method to 
reduce branching in the fibers.85 The magnetic field produced can balance out the 
instability of the spinning jet as it leaves the needle tip and reaches the substrate, causing 
a reduction in branching. Magnetic electrospinning also maintains alignment over time, a 
common problem that is found with gap electrospinning. By increasing the flow rate, Liu 
et al. were able to create aligned wavy fibers to increase porosity of the resulting mesh.85 
Therefore, magnetic electrospinning provides a unique method that produces controllable 
fiber arrays for tissue engineering applications.   
Pattern Electrospinning: Controlled deposition of electrospun fibers into patterns 
has been demonstrated by altering collector geometry. Pan et al. found that fibers align as 
a grid pattern between adjacent conducting pins.86 Zhang et al. demonstrated that 
electrospun fibers are attached to raised topographical patterns of conducting substrates 
with raised features.87 This permitted the fabrication of electrospun scaffolds with 
controllable patterned architecture and 3D configuration such as interconnected tubes. 
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Additionally, Dempsey et al. further investigated patterning as a function of material 
selection.10 It was reported that materials containing polar carbonyl groups could be 
controlled to have selective deposition on patterned silicone substrates, whereas those 
lacking polar structures would not arrange onto the desired surface topography. It was 
hypothesized that the polar carbonyl groups of the polyester soft segment resulted in fiber 
attraction and enhanced patterning throughout the electrospinning time.10 These patterned 
scaffolds can be used to generate specific cellular distributions and orientation and further 
enhance mechanical properties or mimic native tissue orientation for a variety of 
applications. 
Moving Spinneret: Although most electrospinning methods have focused on 
alignment of fibers, recent advancements in electrospinning have lead investigators to 
evaluate methods to enhance flexibility through curly or wavy architectures. Researches 
have added a motor to apply simple harmonic motion to the spinneret during 
electrospinning in order to form tightly wound fibers. This method has been used to 
stretchable sensor arrays with a 360% increase in ultimate tensile strain as compared to 
traditional electrospun controls.88  Another approach to fabricate wavy fibers involves 
adding auxiliary electrodes or magnets across the whipping distance in order to alter the 
electric field/magnetic field. Liu et al. utilized external magnets to induce a controlled 
degree of waviness into aligned fibers with a high degree of uniformity.85 These methods 
display the potential to control fiber orientation without altering the electrospinning 
collector.  
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Figure 1.3 Schematics of electrospinning methods to direct fiber orientation. 
1.2.2.3 Mesh Architecture & Composition 
Co-Electrospinning: Co-electrospinning involves simultaneous electrospinning 
from multiple spinnerets onto the same collector.9,89 This allows for the fabrication of 
composite scaffolds consisting of more than one polymer fiber population. Co-
electrospinning is typically utilized to combine the desirable properties of two disparate 
polymers into one mesh or alter the porosity of scaffolds. Co-electrospinning of 
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poly(caprolactone) (PCL) and water-soluble poly(ethylene oxide) (PEO) was utilized such 
that the PEO could be dissolved out post-fabrication to increase mesh pore size and 
increase cell infiltration.89 This technique is also useful when a polymer blend 
compromises the mechanical properties of the composite and permits independent control 
of the mechanical properties and bioactivity of scaffolds.21 By co-electrospinning a 
synthetic polymer with a natural polymer, both the mechanical properties and cellular 
behavior can be controlled by altering the weight ratio of each material in the final 
mesh.21,90 As many as four electrospinning jets have been performed simultaneously.21 
This modification is relatively simple and allows for fiber mixtures of different materials 
at a controlled ratio; however, interference between the electrospinning jets can be a 
challenge.91 Jets must be placed far enough away to avoid interference, so translating 
collectors have been used to form a homogenous fiber mixture.92 Co-electrospinning with 
offset spinnerets generates gradients along the length of scaffolds. These gradients have 
been widely investigated for native transitions, such as for regeneration at the 
osteochondral interface where graded transition of mechanical properties is desired. 
Samavedi et al. created mechano-chemical gradients through this approach for the 
ligament-bone interface.9,93 Co-electrospinning is often conducted upon a rotating 
mandrel which enables the formation of gradients perpendicular to fiber alignment. In 
order to fabricate scaffolds with gradients in the direction of fiber alignment, the in-line 
blending and gap electorspinning approaches (mentioned above) were combined.61 The 
in-line blending approach enabled a temporal gradient which was then electrospun onto a 
wheel of parallel copper wires that rotated at a rate synced to that of the produced gradient. 
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These gradient and multimaterial scaffolds can be tuned for a variety of applications and 
could potentially enable spatial control over cellular behavior.    
Layer-by-Layer Hydrospinning: A variation of electrospinning, known as 
hydrospinning, involves a modification where electrospun fibers are collected on the 
surface of a water bath rather than on the traditional conductive metal. By grounding, or 
oppositely charging, the water bath solution, fibers are directed towards the surface 
thereby effectively replacing the traditional charged collector. Such collection was 
previously investigated by Srinivasan and Reneker, and several researchers also showed 
that nanofibers can be collected from the surface of the bath while Teo et al. furthered the 
process to created aligned yarn.94-98 Hydrospinning also enables a layer-by-layer scaffold 
approach, where thin nanofibers are collected upon on another from the water bath 
solution at time intervals. Tzezana et al. utilized this layer by layer approach to create 
electrospun scaffolds with enhanced porosity that improved cellular infiltration.94 
Additionally, Orr et al. used a variation of this approach to create scaffolds with layers 
that altered in alignment and resulted in a mesh with greater anisotropy for tendon tissue 
engineering.82,99 Layer by layer hydrospinning could be further utilized to create scaffolds 
with alternating polymer fiber layers. 
3D Electrospinning: Post-processing techniques are often utilized to turn 
electrospun  meshes into 3D structures such as tubes or multi-layered stacks. However, 
recent work, begun by Zhang et al., utilized 3D collectors in order to form 3D fibrous 
structures.87 Zhang et al. initially described fabricating multiple interconnected tubes with 
several structures and patterns. These have been widely utilized for applications ranging 
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from neural regeneration grafts to vascular grafts. Badrossamay et al. and Chang et al. 
utilized a novel mehtods to produce thick fibrous rings and 3D pyramids, respectively, 
while Walser et al. utilized an ear-shaped collector to fabricate fibrous scaffolds for ear 
reconstruction. 100-102 These techniques, specifically, have the potential to further the use 
of electrospinning in tissue engineering with specific control over 3D architecture.   
  
 






1.3 Cellular Behavior on Electrospun Meshes 
 
The high tunability of electrospinning presents a facile method for controlling and 
directing cellular behavior. Although cellular infiltration is an intrinsic limitation of 
electrospun scaffolds, several researchers have developed a wide variety of methods to 
improve cellular migration throughout the thickness of the scaffolds. Polymer selection, 
biochemical cues, and fiber morphology can then be used as tools to direct cellular fate. 
Many techniques, ranging from simple variations in the electrospinning process to 
complex post processing procedures, have been investigated. This section details common 
methods to improve cellular infiltration and concludes with techniques to influence 
cellular behavior.  
1.3.1 Improving Cellular Infiltration 
Facilitating cellular infiltration and permitting nutrient waste transfer are vital to 
promoting proper tissue regeneration. Although electrospun meshes are highly porous 
with excellent permeability, the pore dimensions are typically smaller than the diameter 
of cells.17 The closely packed fibers make cellular infiltration an inherent limitation that 
may cause heterogeneous cellular distribution and result in poor tissue ingrowth and 
limited vascularization. Several approaches have been taken to mitigate this limitation, 
including decreasing the fiber packing density, post processing to enhance pore size, 





1.3.1.1 Altering Fiber Diameter and Packing Density 
 One approach to enhancing cellular infiltration into electrospun scaffolds involves 
increasing the pore dimensions. Fiber diameter has been thoroughly investigated as a tool 
to directly influence pore size with an increase in fiber diameter causing an increase in 
pore size.103-105 Rnjack-Kovacina et al. and Zander et al. both established this relationship 
and saw an increase in cellular infiltration with an increase in fiber diameter.89,106 Elastin 
scaffolds with increased fiber diameter were evaluated in vivo and displayed enhanced 
dermal fibroblast infiltration as well as early stages of angiogenesis.106 Decreasing fiber 
packing density has also been investigated as means of permitting cellular migration 
between fibers. The amount of solvent evaporation during the path to the collector 
influences the amount of fiber fusion with decreased solvent evaporation leading to a 
looser packed fiber mesh. Shabani et al. employed a heating lamp in the path of the 
electrospinning jet to increase solvent evaporation which increased mesh thickness and a 
homogenous distribution of cells through the thickness of the mesh was observed after 
culture.107 Multilayered electrospinning has also been shown to decrease packing density 
and promote cellular infiltration. Hydrospinning, which permits multilayered scaffold 
fabrication as detailed above, has been shown to promote rapid cellular infiltration due to 
the enhanced porosity.82,94 The space between the layers traps water during the fabrication 
process. The water is then removed, causing the layers to stretch and extend in the process, 
increasing both the gaps between fibers and the overall porosity of the scaffold.94,99  
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1.3.1.2 Sacrificial Components and Porogens 
Sacrificial components have also been utilized to decrease packing density and 
increase pore size. Several researchers have incorporated soluble fibers (PEO, PVA, 
gelatin) through co-electrospinning to increase cellular infiltration.15,89,90 After 
fabrication, the meshes are submerged into aqueous solution and the sacrificial fiber phase 
is removed. As a result, larger voids between fibers were observed and a significant 
increase in cellular infiltration was reported.15 Salts and soluble particles of varying 
diameters (NaCl, NH4CO3) have also been integrated as sacrificial components in 
electrospun scaffolds in order to increase porosity.108-110 Cryogenic electrospinning has 
also been evaluated to introduce sacrificial ice particles into electrospun meshes.111,112 
Leong et al. reported significant increases in both in vitro and in vivo cellular infiltration 
using this method. 111 Although sacrificial components have demonstrated promising cell 
infiltration results, these constructs typically suffer from dimensional instability.15 The 
uniform distribution of particles throughout the scaffold also remains a challenge and can 
cause irregular morphology and poor stability.  
1.3.1.3 Post Processing 
Several post processing methodologies have been employed to enhance cellular 
penetration into the scaffold. For example, Shim et al. used a metal comb to separate fibers 
after the electrospinning process was completed. The separation process caused the 
scaffold to expand and increased the scaffold thickness, porosity, and cellular 
infiltration.113 Lee et al. utilized ultrasonic energy to mechanically agitate fibers immersed 
in water, which formed a highly porous scaffold that displayed increased fibroblast 
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infiltration into the scaffold.114 Joshi et al. used laser cutting to fabricate macropores 
within electrospun PCL meshes to enhance vasulcarization. After 14 days in vivo, 40% 
more cellular infiltration and vascular ingrowth were observed as a result of the 
macropores.115 Furthermore, Lee et al. used laser ablation to pattern 50-200 um diameter 
pores across PLLA meshes. Animal studies demonstrated enhanced endothelial cell 
ingrowth and macrophage infiltration.116 Although these methods show promising results 
for increasing cellular penetration into the scaffold, disadvantages include a lack of 
interconnectivty between pores and potential detrimental effects on mechanical strength 
of the scaffolds.  
1.3.1.4 Cell Spraying and Layering  
 Another approach to enhancing cell distribution through the scaffold involves 
introducing cells during the actual electrospinning process. This can be done through cell 
electrospraying, cell layering, or cellular encapsulation. The Wagner group developed a 
method to electrospray vascular smooth muscle cells concurrently while co-
electrospinning a biodegradable polymer. The cells remained viable through the spraying 
process, behaved similarly to control cells, and had a homogenous distribution.117 
Canbolat et al. investigated the effect of shear stresses associated with passing cells 
through a syringe and needle and found no effect upon cellular viability. Furthermore, it 
was reported that exposure to high voltages was not a cause of cell death, indicating that 
cell spraying is a promising technique.118 Cell layering consists of inserting cells between 
two electrospun meshes. Yang et al. employed this method in a layer-by-layer approach 
where electrospun fibers were collected, cells were seeded upon the fibers, and the 
 21 
 
layering process repeated. This resulted in a uniform, multilayered scaffold that displayed 
high viability.119 Cells have also been incorporated into electrospun scaffolds through 
encapsulation using a co-axial electrospinning approach. Townsend-Nicholson et al. 
encapsulated cells within poly(dimethylsiloxane) fibers. It was shown that cells remained 
viable throughout this process and remained active upon investigation.120 Cell spraying 
and layering shows great potential in addressing the limitations of electrospun scaffolds; 
however, much work remains to be done to enhance cell distribution and viability issues 
within the electrospun scaffolds.121  
1.3.1.5 Dynamic Cell Culture 
  Finally, enhanced cellular infiltration has also been achieved through dynamic cell 
culture. In one study, Liao et al. utilized a flow perfusion bioreactor to increase cell 
migration into a thick PCL electrospun mesh. Media was perfused through the scaffolds 
to expose cells to mechanical stimulation and enhance nutrient and waste transport. The 
researchers demonstrated that flow perfusion culture enabled a greater distribution of cells 
throughout the electrospun mesh and homogenous ECM production.122 Similarly, 
Nerurkar et al. studied electrospun PCL scaffolds incubated on an orbital shaker and 
reported uniformly distributed cells throughout the scaffold thickness with the use of 
dynamic culture. Transient dynamic culture was further shown to significantly increase 
cellular infiltration into the electrospun scaffolds.16 Although these techniques are 
effective, the establishment and associated costs of perfusion bioreactors in lab has limited 




1.3.2 Directing Cellular Behavior with Bioactive Agents 
In order to improve the regeneration potential of electrospun scaffolds, many 
researchers have developed methods to direct and promote cell growth and fate. Synthetic 
polymers, such as poly(L-lactic acid), poly(L-lactic-co- glycolic acid), polycaprolactone 
(PCL), and polyurethanes, have been widely used in electrospinning due to their excellent 
mechanical properties and controlled chemical properties. However, scaffolds of these 
synthetic polymers have poor cell affinity and limited cellular interactions due to a lack of 
cell recognition sites. Bioactive agents, such as natural proteins, growth factors, and 
cellular adhesive peptides, have been incorporated into the electrospinning design in order 
to direct cellular behavior.  
1.3.2.1 Natural Polymers 
Protein-based polymers (e.g., gelatin, collagen, silk fibroin, fibrin, elastin) are 
advantageous as they can mimic many aspects of the ECM and thus have the potential to 
direct the migration, growth, and organization of cells during regeneration.55,123 Their 
polymeric form allows them to be fabricated into many three-dimensional scaffolds, 
including electrospun meshes. Crosslinking of natural polymers is typically used prior to 
implantation to prevent rapid dissolution and retain the three-dimensional structure of the 
scaffold. Glutaraldehyde, 1-ethyl-3-(3-dimethylaminopropyl)carbodiimide hydrochloride 
(EDC), and genipin are common crosslinked agents used both during and post-
electrospinning.124-127 Although widely used, glutaraldehyde has associated risks of toxic 
residues and many reports have indicated a risk of calcification in vivo.128-136 Furthermore, 
several studies employing glutaraldehyde crosslinking have reported swelling and loss of 
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fiber architecture upon immersion in water unless high concentrations are used.134,137 
Crosslinking procedures have also been reported to result in enlarged, swollen, and/or 
fused fibers immediately after crosslinking.138,139 Recent reports have established an in 
situ crosslinking method utilizing hexamethylene diisocyanate to crosslink gelatin in the 
liquid state during the electrospinning process. This study indicated improved fiber 
morphology retention and tunable degradation in vitro.140 Silk fibroin, a natural polymer 
produced by silkworms, has recently gained popularity in electrospinning due to its 
excellent mechanical properties, biocompatibility and slow degradation.141 Electrospun 
silk scaffolds have been investigated as vascular grafts, skin grafts, bone grafts and 
cartilage grafts.5,142-146 Other commonly electrospun natural polymers include collagen, 
hyaluronic acid, fibrinogen, and chitin.147-150 Although these natural polymers provide 
excellent tools to promote cellular bioactivity, the scaffolds typically have poor 
mechanical properties thus limiting the tissue application. 
1.3.2.2 Composite Meshes 
Scaffolds that combine the mechanical properties of synthetic polymers with the 
bioactivity of natural polymers offer distinct advantages as improved tissue engineering 
scaffolds. For instance, Biazar et al. reported that poly(3-hydroxybutyrate-co-3-
hydroxyvalerate) (PHBV) fiber meshes coated with gelatin showed improved wound 
closure in vivo.151 Methods utilized to confer bioactivity to synthetic electrospun scaffolds 
include fiber blending, fiber coating, coaxial electrospinning, and addition of small 
peptides.90,152-157 Blending small molecules or natural polymers into synthetic fibers often 
results in reduced mechanical properties.60,153 Although fiber coatings have minimal effect 
 24 
 
on mechanical properties, the natural polymer coatings are typically uncrosslinked and the 
coating quickly dissolves with a rapid loss of bioactivity. Alternatively, co-electrospinning 
from two offset spinnerets has been demonstrated as a facile technique to confer 
bioactivity without sacrificing mechanical properties. Zhang et al. co-electrospun PCL 
fibers with gelatin fibers in order to confer bioactivity.90 Analysis with bone marrow 
stromal cells displayed increased cellular attachment and spreading as well as increased 
infiltration on scaffolds composed of PCL/Gelatin when compared to PCL controls. 
 
1.3.2.2 Mineral Content  
Hydroxyapatite (HA), a crystal composed of calcium and phosphate ions, 
comprises 65-70% of bone matrix constituting a majority of the bone cell niche.158 As both 
calcium and phosphate ions have been shown to stimulate osteoblast differentiation and 
proliferation in vitro, it has been widely used in bone tissue engineering.159,160 Electrospun 
scaffolds containing HA have been shown to direct osteogenic differentiation and induce 
mineralization of hMSCs.161 The Shin group showed increased expression of genes 
relating to osteogenesis, including ALP, BSP and OCN on meshes including HA.162 Many 
researchers have investigated electrospun collagen with added hydroxyapatite to mimic 
the structure of bone ECM.163-165 Alternatively,  hydroxyapatite can be deposited onto the 






1.3.3 Effect of Fiber Morphology on Cellular Behavior 
In addition to bioactive cues, fiber morphology has also been shown to have a 
direct impact upon cell culture, ranging from affecting the orientation of cells to regulating 
differentiation. The ability to control the morphology of the cells via topography can aid 
in the regeneration of functional tissues. 
1.3.3.1 Fiber Alignment 
Cell behavior can be controlled via contact guidance of electrospun fibers, which 
can play a key role in mimicking the complex and hierarchical structure of many tissues. 
In neural tissue engineering, for example, cellular alignment has been shown to be key for 
directing Schwann cells towards a pro-myelinating state.167 Schwann cells cultured on 
aligned fiber scaffolds were shown to orient in the direction of fiber alignment and were 
also observed to have increased proliferation as compared to random meshes. These 
topographic cues directed an  upregulation of myelin-specific genes MAG, P0, MBP, and 
PMP22.167 Fiber alignment has also been widely investigated for tendon and ligament 
tissue engineering as cellular orientation is known to dictate ECM organization. In anterior 
cruciate ligament tissue engineering, significantly more collagen, a major mechanical and 
biochemical contributor, was synthesized on aligned nanofiber sheets resulting in spindle-
shaped, oriented cells with morphology similar to ligament fibroblasts in vivo.168 
Similarly, many reports have indicated that aligned fibers can direct cellular differentiation 
towards both muscle and tendon lineages.82,169,170  Further studies have also indicated that 
aligned fibers, in combination with cyclic tensile loading, can direct stem cell tenogenic 
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differentiation.12 Due to the high tunability of fiber orientation in electrospinning, contact 
guidance is widely utilized as a tool to direct cellular behavior. 
1.3.3.2 Fiber Diameter 
In addition to fiber orientation, fiber diameter has been shown to influence cellular 
behavior. When compared to planar surfaces, cells exhibited a higher cell aspect ratio 
when cultured on microfibers.11 Bashur et al. and Badami et al. investigated the effect of 
fiber diameter on bone marrow stromal cell morphology, proliferation, and gene 
expression. Cells displayed a more spindle-shaped morphology with increased fiber 
diameter and that ligament markers were expressed on meshes with a smaller fiber 
diameter.11,171 For neural tissue engineering, Christopherson et al. evaluated the effect of 
electrospun poly(ether sulfone) fiber diameter on neural stem cells. They reported 
increased degree of proliferation and cell spreading, as well as a lower degree of cell 
aggregation, on meshes with smaller fiber diameter.172  
1.4 Summary and Future Directions 
Electrospun scaffolds have shown great promise in a broad range of tissue 
engineering applications. The inherent fibrous nature of electrospun scaffolds initially 
attracted researchers to evaluate their potential to mimic native ECM and influence 
cellular behavior. Advances in elecrospinning setups has expanded upon this initial 
potential to generate scaffolds with aligned fibers, patterned architecture, enhanced 
porosity, and gradients in composition or functional moieties. Furthermore, the high 
tunability of electrospinning via processing, solution, or environmental parameters 
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presents a facile method for controlling both mechanical properties and bioactivity of the 
scaffolds. As discussed above, electrospinning provides many tools to guide cellular 
response and enhance tissue regeneration. Table 1.1 details select tissue engineering 
applications of electrospinning that have been reported in recent years. 
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Table 1.1 Applications of electrospinning in tissue engineering 




Ye et al. 2010173 
Core: Heparin 
Shell: P(LLA-CL) 
Core-shell onto a 
rotating mandrel 
collector 




Nezarati et al. 
2015175 
Sulfated Silk Fibroin 
Rotating mandrel 
collector 
Liu et al. 2011176 
Multilayered graft: PCL-collagen blend fiber layer 
and smooth muscle cell sheet layer 
Rotating mandrel 
collector 
Ahn et al. 2015177 




Hong et al. 20091 
Tendon, Ligament, and Cartilage Grafts 
Aligned, multilayered PCL  
Hydrospinning + gap 
electrospinning 
Orr et al. 201582 
Co-electrospun gradient of PCL+hydroxyapatite 
and poly(ester urethane) urea  
Co-electrospinning 
Samavedi et al. 
20119 
Co-electrospun poly(vinyl alcohol) and PCL Co-electrospinning 
Shafiee et al. 
2011178 
Tri-layered PCL mesh: highly aligned top layer, 
random middle layer, random bottom layer with 
larger fiber diameter  
Rotating mandrel 
collector 
McCullen et al. 
2012179 
 
Circumferentially aligned PCL  Rotating disk collector Fisher et al. 2013180 
Bone Grafts 
PLGA+HA fibers loaded with BMP2  
Emulsion 
electrospinning 
Nie et al. 20084 
PLLACL/collagen fibers loaded with BMP2 and 
dexamethasone via co-axial electrospinning 
Core-shell 
electrospinning 
Su et al. 2012181 
Collagen + catacholamines + Ca2+ Flat plate collector Dhand et al. 2016182 
Skin Grafts 
PDLLA + spirulinaas microalga  Flat plate collector 
Steffens et al. 
2013183 
PLA fibers functionalized with granulocyte 
colony stimulating factor 
Flat plate collector 
Spadaccio et al. 
2010184 
Silk fibroin + PEO with NaCl porogen 
Rotating mandrel 
collector 
Ju et al. 2016185 
Nerve Guidance Conduits 
Aligned PCL fibers with polypyrrole coating Gap electrospinning Xie et al. 2009186 
Aligned fibers with nerve growth factor core and 
PLGA shell  
Rotating mandrel 
collector 
Wang et al. 201247 
Silk fibroin  
Rotating mandrel 
collector 
Park et al. 2015187 
PLA-co-PEG blended with polypyrrole  
Rotating mandrel 
collector 




Despite numerous advances, there are still several challenges that need to be 
addressed prior to use of electrospun grafts in clinical applications. Precise and 
reproducible control over fiber formation, morphology, and composition, as well as 
homogenous cell distributions, will be necessary to provide scaffolds with improved 
biomimicry. Additionally, the fabrication of scaffolds with clinically relevant dimensions 
remains a challenge. Although highly tunable and relatively inexpensive, the rate of 
collection is relatively slow, which raises concerns with manufacturing scale-up of the 
electrospinning process. The lack of cellular infiltration continues to be the focus of 
research with new techniques developed to address this challenge including decreasing 
fiber packing density, multilayered electrospinning, dynamic cell culture, and cell 
electrospraying. Despite these challenges, the versatility of the electrospinning setup 
combined with innovative approaches to increase graft complexity and biomimicry have 
established its growing impact in the field.  
 As detailed above, the versatility of electrospinning provides many methods to 
tune the hierarchical design of electrospun scaffolds for targeted applications. These 
methods provide the fundamentals for further innovation of electrospinning design. The 
following chapters describe our work with developing novel methods to tune bioactivity, 
drug release kinetics, and gradient architecture. The developed methods range from in situ 
electrospinning modifications to novel collector development. Chapter 2 includes a new 
method to crosslinking electrospun gelatin as current methods result in poor fiber 
morphology retention in vivo, causing scaffold properties to be unpredictable. This in situ 
crosslinking system is then utilized to address two needs, a wrap for intestinal anastomoses 
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and a multi-factor drug delivery system. Intestinal anastomosis procedures often result in 
intestinal adhesion development and leakage at the anastomotic wound. Although many 
methods exist to treat these two complications individually, no treatments currently 
address both simultaneously. To this end, we developed a wrap with tunable bioactivity 
such that the outer layer resists intestinal adhesion formation while the inner layer 
promotes cellular adhesion. The in situ gelatin crosslinking system was then further 
developed to enable tunable sustained drug release while an additional crosslinking 
method was developed for tunable burst drug release. When used in combination through 
co-electrospinning, these methods permit independent control over multi-factor release. 
Lastly, native tissue interfaces require scaffolds of great complexity, often with gradients 
in the direction of cellular alignment as seen at the tendon-bone interface. However, 
current electrospinning methodology does not permit the formation of continuous 
gradients in the direction of fiber alignment. As a result, we developed a new method 
enabling continuous mechanical, biochemical, and topographical gradients in the direction 
of fiber alignment. This method permits the fabrication of grafts with increased 
complexity for improved interfacial function. In all, this work builds upon the described 




IN SITU CROSSLINKING OF ELECTROSPUN GELATIN FOR IMPROVED FIBER 
MORPHOLOGY RETENTION AND TUNABLE DEGRADATION* 
2.1 Introduction 
Electrospinning has gained popularity in recent years as a technique to fabricate 
nonwoven, fibrous scaffolds with high porosities, large surface area-to-volume ratios, and 
nano- to micron-sized fiber diameters.6,157,189 To generate these scaffolds, a polymer 
solution is pumped at a constant rate through a needle tip that is placed a set distance away 
from a grounded or oppositely charged collector. When a voltage is applied at the needle 
tip, the droplet erupts into a liquid jet that narrows and solidifies during flight to be 
collected as a fiber.189 The relative ease of modulating the fiber architecture through 
variation of processing, solution, or environmental parameters provides a means to tune 
cell behavior, degradation rate, and mechanical properties. For example, fiber alignment 
and fiber diameter have been shown to strongly influence mechanical properties.190-193 As 
a result, control over electrospun fiber morphology is an important factor in scaffold 
design. By utilizing the high tunability of electrospun scaffolds, properties can be tailored 
to meet specific design criteria of a variety of clinical applications. 
*Reprinted with permission from “In situ crosslinking of electrospun gelatin for improved 
fiber morphology retention and tunable degradation” by AP Kishan, RM Nezarati, CM 
Radzicki, AL Renfro, JL Robinson, ME Whitely, EM Cosgriff-Hernandez. Journal of 
Materials Chemistry B, 2015, 3 (40), 7930-7938. Copyright (2015) Royal Society of 
Chemistry. 
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To improve the regeneration potential of electrospun grafts, research has focused 
on the development of methods to utilize bioactive materials that promote and guide cell 
growth and differentiation. Bioactive materials have a positive effect on living cells and 
include minerals, growth factors, and proteins/peptides. Gelatin, a natural polymer derived 
from collagen, has been widely utilized in tissue engineering due its demonstrated ability 
to enhance cell adhesion and proliferation.55,194 Crosslinking of gelatin is necessary for 
implementation as a tissue engineering scaffold to prevent rapid dissolution and retain the 
three dimensional structure. The most commonly implemented technique for crosslinking 
gelatin is via exposure to glutaraldehyde vapor. Although widely used, glutaraldehyde has 
associated risks of toxic residues195-197 and calcification in vivo.133,198,199 Glutaraldehyde 
crosslinking of gelatin fibers and subsequent immersion in water typically results in 
swelling and loss of fiber architecture unless high concentrations are used, which can 
contribute to an increased risk of toxicity.195,200 To overcome these limitations, 1-ethyl-3-
(3-dimethylaminopropyl)carbodiimide hydrochloride (EDC) has been investigated and is 
advantageous as a zero-length crosslinking agent.201,202 Genipen, a molecule isolated from 
gardenia fruits, has also been utilized for crosslinking of natural polymers and has 
displayed a greater biocompatibility than glutaraldehyde.126,203 Significant work has been 
devoted to improving the biocompatibility of crosslinked gelatin; however, there has been 
minimal emphasis on retaining the original fiber morphology of electrospun gelatin 
scaffolds post-crosslinking. Numerous researchers report enlarged, swollen, and/or fused 
fibers after the chosen crosslinking procedure.139,204,205  
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  In addition to maintaining fiber morphology after the crosslinking process, 
maintaining the morphology of electrospun fibers upon immersion in aqueous 
environments is of great importance. Fiber morphology has been shown to have a direct 
impact upon cell culture, ranging from impacting the orientation of cells to regulating 
differentiation. Cell behavior can be controlled via contact guidance of electropun fibers, 
which can play a key role in mimicking the complex and hierarchical structure of many 
tissues. The ability to control the structure of the cells via topography can aid in the 
regeneration of functional tissues. For example, aligned cells are a key requirement in 
neural tissue engineering.167 Schwann cells cultured on aligned fiber scaffolds have been 
shown to orient in the direction of the fibers due to contact guidance. The nucleus and 
focal adhesion molecule vinculin also aligned along the fiber direction and increased 
proliferation was observed as compared to random meshes. Additionally, these 
topographic cues were shown to direct Schwann cells towards the pro-myelinating state, 
as indicated by the markers for myelin-specific genes MAG, P0, MBP, and PMP22.167 
Fiber alignment has also been investigated for the regeneration of the anterior cruciate 
ligament. Significantly more collagen was synthesized on aligned nanofiber sheets 
resulting in spindle-shaped, oriented cells with morphology similar to ligament fibroblasts 
in vivo.168 In addition to alignment, the effect of fiber diameter on spreading, proliferation, 
and differentiation of osteoblastic cells, fibroblasts and neural stem cells has been 
investigated by Badami et al, Bashur et al, and Christopherson et al, respectively.172,206,207 
Given the well established impact of fiber morphology on scaffold mechanical properties, 
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degradation rate, and cell behavior, the retention of fiber morphology post-implantation is 
necessary for the design of scaffolds with predictable properties and cellular response.  
  This work describes a method for in situ crosslinking of gelatin to fabricate 
electrospun meshes with controlled degradation to direct tissue regeneration and improve 
fiber morphology retention upon implantation. A double barrel syringe with an attached 
mixing head and a diisocyanate crosslinker were utilized to generate these scaffolds. The 
degree of crosslinking was assessed to confirm and quantify successful crosslinking, and 
scanning electron microscopy was used to characterize the overall fiber morphology. The 
effects of increasing the crosslinker ratio on tensile properties and fiber morphology after 
immersion in water, in comparison to traditional glutaraldehyde vapor crosslinked meshes, 
were investigated. An in vitro degradation model utilizing collagenase solution was 
employed to characterize the effect of crosslinker ratio on degradation rate. Finally, human 
mesenchymal stem cell adhesion on meshes was quantified to evaluate potential of the 
meshes as tissue engineering scaffolds. 
 
2.2 Materials and Methods 
2.2.1 Materials 
All chemicals were purchased from Sigma-Aldrich and used as received unless 
otherwise stated. 
2.2.2 Electrospinning 
  In situ crosslinking of electrospun gelatin was performed using double barrel 
syringes (1:1 barrel ratio) (Nordson EFD) with attachable mixing heads (3.1 mm ID x 53.5 
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mm length). One barrel was loaded with a 10 wt% solution of bovine-derived gelatin in 
2,2,2-trifluoroethanol (TFE). A catalyst, 1,4-diazabicyclo[2,2,2]octane (DABCO), was 
added at 5 wt% of solids to the gelatin solution prior to loading the syringe. The second 
barrel was loaded with a solution of hexamethylene diisocyanate (HDI) in TFE. The 
concentration of HDI was varied such that the crosslinker density would equal a 1X, 5X, 
or 10X ratio of isocyanate/amine. For the crosslinker ratio calculations, 11 lysines per 
gelatin molecule were assumed. A blunted 18 gauge needle was attached via a Luer-Slip 
fitting onto the mixing head, and the syringe was placed in a syringe pump (KDS100, 
KDScientific) set to a constant flow rate of 1.0 mL/hr. A high voltage of 10 kV (ES30P-
5W/DDPM, Gamma Scientific) was applied at the needle tip, and fibers were collected on 
a 6 cm square copper plate set 12 cm away from the needle tip. The front of the flat plate 
collector was covered with a thin latex film that facilitated removal of the mesh after 
deposition. Each mesh had a total collection time of 3 hours. Halfway through each run, 
the mixing head was replaced to avoid clogging due to crosslinking within the mixing 
head. Meshes were then placed under vacuum for 24 hours to remove any residual solvent. 
  Traditional glutaraldehyde crosslinked controls were fabricated by electrospinning 
uncrosslinked gelatin followed by vapor crosslinking. Briefly, 10 wt% solution of bovine-
derived gelatin in TFE was loaded into a syringe and dispensed at 1.0 mL/hr. 10 kV was 
applied at the needle tip and a grounded copper plate collector was set 12 cm away from 
the needle tip. Each mesh had a total collection time of 3 hours. Crosslinking was then 
performed by incubating the meshes in vapor of glutaraldehyde for 24 hours.25 The 
crosslinked meshes were then vacuumed overnight to remove any residual glutaraldehyde.  
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2.2.3 Degree of Crosslinking 
  Degree of crosslinking was determined for the electrospun gelatin meshes using a 
ninhydrin assay. The percentage of free amine groups in the gelatin mesh was quantified 
by their reaction with ninhydrin (2, 2-dihydroxy-, 3-indiandione).208-210 Meshes of 5 mg 
were soaked in water for one hour. Specimens (n=3) were then heated with the ninhydrin 
reagent, phenol solution and potassium cyanide solution at 120°C for 5 minutes. The 
solution was then cooled to room temperature and diluted with isopropyl alcohol. The 
optical absorbance of the solution was recorded using a plate reader (Spectramax M5, 
Molecular Devices) at 570 nm.208 The absorbance of the solution is directly related to the 
amount of free amino groups in the sample after heating with ninhydrin. The degree of 
crosslinking was then calculated as the percent of bound amine groups using the equation 
below:   
𝐷𝑒𝑔𝑟𝑒𝑒 𝑜𝑓 𝐶𝑟𝑜𝑠𝑠𝑙𝑖𝑛𝑘𝑖𝑛𝑔 (%) = (1 −
𝐴𝐶
𝐴𝑈
) × 100 
𝐴𝑪 and 𝐴𝑼 represent the absorbance of crosslinked and uncrosslinked gelatin meshes, 
respectively.209  
2.2.4 Electrospinning Fiber Characterization 
 Specimens (n=4) approximately 7 mm square were cut from the center of each 
fiber mesh to avoid edge effects. The fiber morphology was observed using scanning 
electron microscopy (SEM, Phenom Pro, NanoScience Instruments) at 10 kV accelerating 
voltage. Prior to imaging, the specimens were coated with 4 nm of gold using a sputter 
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coater (Sputter Coater 108, Cressingtion Scientific Instruments). Fiber characterization 
after immersion in water was performed by first cutting circular punches (10 mm 
diameter) and placing each on a glass coverslip in a well plate. The punches were then 
weighted to ensure immersion, and the wells were filled with reverse osmosis water. 
Specimens were stored at 37 °C and were removed at 24 h, 48 h, 72 h, and 1 week 
timepoints, frozen at -80 °C overnight, and lyophilized prior to imaging with SEM, as 
described above. 
2.2.5 Tensile Testing 
Dogbone specimens (n=4) were cut in accordance with ASTM D1708 and strained 
to failure at a rate of 100% per min based on the initial gauge length using an Instron 3345 
uniaxial tensile tester equipped with a 100 N load cell and pneumatic side action grips 
(Instron 2712-019). Specimens were equilibrated in water at 37°C for 24 hours prior to 
testing. An environmental control chamber was attached such that simulated physiological 
conditions (37°C, 100% humidity to limit specimen drying) were maintained throughout 
testing. The elastic modulus, tensile strength, and ultimate elongation were calculated 
from the resultant engineering stress/strain curves. A secant modulus at 2% strain was 
calculated for the elastic modulus and subsequently referred to as “modulus.” 
2.2.6 Enzymatic in vitro Degradation 
Enzymatic degradation of the in situ crosslinked gelatin meshes was performed 
using type 1 collagenase (349 U/mg). Electrospun specimens (40 x 10 x 0.2 mm3) were 
placed into capped tubes containing 2 mL of 0.02 units collagenase/mL of PBS and 
incubated at 37 °C with shaking.209,211 Solutions were changed every 3 days. At each time 
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point, specimens (n=3) were collected using centrifugation and carefully rinsed 3 times 
with distilled water. Samples were subsequently frozen overnight and then lyophilized. 
The mass loss of the degraded sample was determined after lyophilization by dividing the 
mass loss by the initial dry mass.  Specimens removed at 1 week, 2 weeks, and 4 weeks 
were imaged with SEM after lyophlization.  
2.2.7 Cell Viability and Adhesion  
Bone marrow-derived human mesenchymal stem cells (hMSCs) were obtained as Passage 
1 in a cryovial from the Center for the Preparation and Distribution of Adult Stem Cells. 
Cells were cultured in growth media containing 16.5% fetal bovine serum (FBS, Atlanta 
Biologicals), 1% L-glutamine (Life Technologies), and Minimum Essential Media α 
(MEM α, Life Technologies) to 80% confluency and utilized at Passage 6. Specimens 
were placed in a tissue cultured 48-well plate (Corning) and were UV sterilized for 2 
hours. Cells were seeded at 10,000 cells/cm2 in growth media supplemented with 1 vol% 
penicillin-streptomycin (Life Technologies) and cultured at 37°C and 5%CO2 for 24 hours 
or 1 week. Viability of hMSCs on in situ crosslinked electrospun gelatin was conducted 
using the Live/Dead assay kit (Molecular Probes) to determine the material 
cytocompatibility in comparison to glutaraldhyde crosslinked fibers and tissue culture 
polystyrene (TCPS). Cells were washed with PBS, stained with calcein-AM and ethidium 
homodimer-1 for 30 minutes in 37 C, and replaced with PBS for imaging. Viability was 
then calculated from cell counts of images obtained through raster patterning (5 images 
per specimen) of 3 specimens (n = 15) using a confocal microscope (Nikon Eclipse 
TE2000-S). Cell adhesion at 24 hours and 1 week was assessed by fixing cells with 3.7% 
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glutaraldehyde followed by staining with rhodamine phalloiding (F-actin/cytoplasm, Life 
Technologies) and SYBRGreen (DNA/nucleus, Life Technologies). Cell adhesion was 
calculated from cell counts of images obtained through raster patterning (5 images per 
specimen) of 3 specimens (n = 15) using a confocal microscope (Nikon Eclipse TE2000-
S). 
2.2.8 Statistical Analysis 
The data are displayed as mean ± standard deviation for each composition. A 
Student’s t-test was performed to determine any statistically significant differences 
between compositions. All tests were carried out at a 95% confidence interval (p<0.05). 
2.3 Results and Discussion 
2.3.1 Fiber Characterization 
In situ crosslinking of electrospun gelatin was achieved using a double barrel 
syringe that enabled isolation of the individual gelatin and hexamethylene diisocyanate 
(HDI) crosslinker solutions until mixing through a mixing head, Figure 2.1. Tronci et al. 
utilized diisocyanate to crosslink gelatin foams and demonstrated that isocyanates react 
readily with the lysine residues of the gelatin, without heat, to form a disubstituted urea.212 
Several in situ crosslinking methods have been evaluated to provide a one-step 
crosslinking process for water-soluble polymers without post-processing. One in situ 
crosslinking approach involves the direct addition of crosslinkers such as glutaraldehyde 
and EDC-NHS to the electrospinning solution.213,214 However, as noted by Tang et al, 
these systems are limited by resulting time-dependent rheology and compatibility with 
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electrospinning. By directly mixing the polymer and crosslinking solutions, dynamic 
rheology analysis indicated that significant rheological changes (increase in viscosity) in 
the precursor  solution occurred during the electrospinning process. As a result, this 
method of in situ crosslinking causes changes in fiber morphology in the resultant mesh, 
ranging from beaded fibers (low viscosity solutions) to large, flat fibers (very high 
viscosity solutions).214 By utilizing a double barrel syringe to combine the crosslinker and 
polymer solution, the viscosity of the electrospinning solution is maintained as the two 
solutions only react upon exposure within the mixing head. The two solutions mix 
promptly before ejection through the needle tip, enabling this method to produce scaffolds 
with homogenous fiber morphology. Studies have also shown the efficacy of UV 
crosslinking during the electrospinning process.215,216 By exposing the fibers to UV light 
during the whipping process, this method provides the advantage of homogenous 
crosslinking, which is not seen with vapor-phase crosslinking (ex. Glutaraldehyde). 
However, the polymers must either contain specific functional groups for UV crosslinking 
(ex. acrylates, cinnamates) or the polymers must be mixed with crosslinkers containing 
UV activated structures such as phenyl azido groups.215,216 In addition to the extra cost of 
a UV set up, complicated chemistries are required to functionalize water-soluble 
polymers, as well as to synthesize UV activated structures. To the best of our knowledge, 
this is the first report of the use of a double barrel syringe to fabricate in situ crosslinked 
electrospun fibers.  
 Degree of crosslinking was determined by quantifying the amount of remaining 
free amines in the system through a ninhydrin assay. Ninhydrin readily reacts with free 
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amines and produces a vivid purple hue upon reaction with free amine groups.209 As 
depicted in Table 2.1, there was a direct increase in the degree of crosslinking with 
increased crosslinker ratio (isocyanate to amine). Additionally, glutaraldehyde vapor 
crosslinked meshes were calculated to have comparable degree of crosslinking to the 5X 
in situ crosslinked meshes. These results indicate that liquid phase crosslinking of 
electrospun gelatin imparts significant control over the crosslinking density, thus allowing 
for fabrication of meshes with specific crosslink densities. 
Figure 2.1 Schematic of double-barrel syringe setup for in situ crosslinking of gelatin 
during electrospinning 
The crosslinker ratio, and thus degree of crosslinking, was varied to evaluate the 
effect on fiber morphology retention, degradation rate, and mechanical properties. At each 
crosslinker ratio tested, smooth, uniform fibers with similar fiber diameters were 
electrospun. The average fiber diameter of the 1X mesh was 0.74 ± 0.32 µm, 5X was 0.77 
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± 0.17 µm, and 10X was 0.72 ± 0.29 µm, Table 2.1. The fiber morphology after immersion 
in water for 1 week was characterized using SEM of lyophilized meshes, Figure 2.2. The 
uncrosslinked gelatin fibers immersed in water exhibited a morphology characteristic of 
freeze dried scaffolds, and the glutaraldehyde crosslinked fibers showed flattened and 
fused fibers indicative of partial dissolution. Large, flattened fibers, indicative of partial 
dissolution, were observed for the 1X gelatin fibers. The 5X and 10X meshes retained 
similar fiber diameters to their as-spun counterparts but with an increase in fiber fusion. 
The average fiber diameters after immersion for the 1X, 5X and 10X meshes were 2.42 ± 
1.44 µm, 0.85 ± 0.25 µm, 0.89 ± 0.31 µm, respectively. The fiber diameter of the 
glutaraldehyde crosslinked fibers were calculated to be 1.15 ± 0.22 µm and 1.37 ± 0.41 
µm before and after immersion, respectively. Compared with these controls, the 5X and 
10X in situ crosslinked gelatin meshes demonstrated an improved retention of fiber 
morphology. Additionally, the similar degree of crosslinking of the 5X mesh and the 
glutaraldehyde crosslinked mesh (57% vs 61%) allowed for a comparison of the two 
crosslinking methods. There was an evident increase in fiber retention using the in situ 
crosslinking approach over vapor phase crosslinking. This was exhibited by an increase 
in fiber diameter of the glutaraldehyde crosslinked fibers after immersion (+19% vs +9%) 
and an increase in fiber fusion, as compared to the 5X meshes. 
It is hypothesized that in situ crosslinking overcomes limitations of vapor 
crosslinking by initiating the crosslinking prior to the solution leaving the needle tip rather 
than relying on diffusion through the polymer mesh. Various degrees of fiber morphology 
retention have been reported in the literature using vapor crosslinking, likely due to the 
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fact that it is difficult to control the amount and homogeneity of crosslinking. These 
variables are influenced by crosslinker transport, which is dependent on the mesh 
thickness. Diffusivity through the mesh is also decreased as the permeant interacts with 
functional groups on the polymer (crosslinks)217 and as the crosslink density increases 
throughout the crosslinking process.218 In situ crosslinking provides a more effective 
crosslinking strategy due to homogenous mixing at the needle tip prior to jet formation 
and fiber drawing. 
Table 2.1 Degree of crosslinking of traditional glutaraldehyde crosslinked meshes and 
of in situ crosslinked gelatin with different crosslinker ratios (1X, 5X or 10X isocyanate 
to amine) and resulting percent increase in fiber diameter after a 1 week incubation in 
water. 
+,×,*,a,b,c,  indicate statistically significant differences between respective samples p<0.05 
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Figure 2.2 Scanning electron micrographs of in situ crosslinked gelatin with different 
crosslinker ratios (1X, 5X or 10X isocyanate to amine) compared to uncrosslinked and 
traditional glutaraldehyde crosslinked meshes, as-spun and after a 1 week incubation in 
water at 37°C. 
. 
2.3.2 Tensile Testing 
The tensile mechanical properties of in situ crosslinked meshes were tested in an 
environmental testing chamber that maintained the temperature at 37 °C and humidity at 
100% throughout testing to limit drying of the specimen during testing. The mechanical 
properties of 1X, 5X, and 10X crosslinked gelatin are summarized in Figure 2.3 and Table 
2.2. As the crosslinker ratio increases, the initial modulus and tensile strength increased, 
whereas the ultimate elongation decreased. These results are typical effects of increasing 
crosslining density in polymeric materials.219,220 A greater effect of crosslinker ratio was 
observed for 1X to 5X, compared with 5X to 10X. This result suggests that the amount of 
available crosslinking sites is reduced, which limits the effect of increasing crosslinker. 
Although the tensile properties of dry traditional glutaraldehyde crosslinked meshes 
reported in the literature are significantly higher than those reported here, it is important 
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to note that the values reported in Figure 2.4 are from hydrated specimens that more 
closely mimic the end use.221
Figure 2.3 Tensile properties of in situ crosslinked gelatin with 1X, 5X, or 10X 
crosslinker ratio (isocyanate to amine). 
Table 2.2 Tensile properties of in situ crosslinked gelatin with 1X, 5X, or 10X 
crosslinker ratio (isocyanate to amine). 
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2.3.3 In vitro Degradation 
Enzymatic degradation of the gelatin fibers was performed using a collagenase 
solution. Collagenase is known to cleave peptide bonds within the structure of gelatin.222 
As expected, an increase in crosslinker ratio, and therefore crosslinking density, resulted 
in reduced degradation rates, Figure 2.4. Full dissolution of the uncrosslinked gelatin was 
observed within 12 hours of immersion within the collagenase solution. Gelatin 1X 
meshes experienced a loss of mechanical integrity at 4 days and underwent complete 
dissolution by 10 days. Gelatin 5X meshes and 10X meshes lost mechanical integrity by 
16 and 22 days with full dissolution by 24 and 35 days, respectively. Although the effect 
of increasing crosslinker ratio from 5X to 10X on tensile properties was modest , the 
increase in degradation period between these two samples suggests that the observed 
increase in crosslink density (61% vs 91%) was able to modulate degradation. There was 
also an evident biphasic degradation of both the 5X and 10X meshes. This was attributed 
to dissolution of small diameter fibers first, followed by degradation of the larger diameter 
fiber population.223 Finally, these results indicate improved crosslinking over the UV in 
situ crosslinking system reported by Lin et al., where 22% mass loss was observed after 
soaking in water for 24 hours.216 The results of the in vitro degradation study demonstrate 
that crosslinking in the liquid phase of gelatin electrospinning results in a controlled 
degree of crosslinking, allowing for tunable degradation rates. SEM images of meshes at 
various points of the degradation study have been displayed in Figure 2.5. As these 
meshes were enzymatically degraded, it can be inferred that the structural stability would 
be maintained for prolonged periods in cell culture media that does not contain active 
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enzymes. This is further confirmed by comparing Figure 2.5 to Figure 2.2, where  
improved fiber retention is exhibited after immersion in water at 37 °C for 1 week. 
Figure 2.4 In vitro degradation of in situ crosslinked gelatin with 1X, 5X, or 10X 
crosslinker ratio (isocyanate to amine) in collagenase solution. 
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Figure 2.5 Scanning electron micrographs of in situ crosslinked gelatin with different 
crosslinker ratios (1X, 5X or 10X isocyanate to amine) after 1, 2 and 4 weeks incubation 
in collagenase solution at 37°C. 
2.3.4 Cell Viability and Adhesion 
Collagen-derived products such as gelatin are inherently bioactive with well 
characterized interactions with cells. Cell density and representative fluorescent images 
are displayed in Figure 2.6. Density on 1X in situ crosslinked meshes exhibited no 
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significant difference to glutaraldehyde crosslinked meshes after 1 week of culture, with 
adhesion of  129 ± 20 and 118 ± 8 cells/mm2, respectively (p = 0.59). There was a 
statistically significant increase in cell density on the 5X in situ crosslinked meshes from 
24 hours to 1 week (p = 0.01) Additionally, there was a statistically significant increase 
in cell density on the 5X in situ crosslinked meshes over traditional glutaraldehyde 
crosslinked meshes after 1 week of culture (p < 0.01). In contrast, the gluteraldehyde-
crosslinked displayed a significant decrease in cell density after 1 week (p = 0.01). The 
5X mesh results indicate that at this crosslinking density, the gelatin fibers retained 
sufficient bioactivity to support cellular adhesion and proliferation. It was hypothesized 
that the decreased cell adhesion to the 1X meshes was a result of the lower crosslinking 
density. Decreased crosslinking can result in increased swelling and a corollary reduction 
in modulus (supported by Figure 2.3). It is well established in literature that a decreased 
modulus reduces cell adhesion, however, it is important to note that the cells that do adhere 
are viable.224 
Figure 2.7 displays the viability of hMSCs cultured on electrospun meshes over 
24 hours and 1 week. Cells were viable on the 1X and 5X in situ crosslinked meshes, as 
well as the glutaraldehyde crosslinked mesh, over the course of the study. In contrast, the 
10X mesh displayed reduced cell viability at both 24 hours and 1 week. An indirect 
viability study of the 10X meshes displayed no statistical difference as compared to TCPS 
viability. This suggests that the low cell viability was not due to residual HDI or other 
extractables. It was hypothesized that the reduced viability and cellular adhesion was due 
to reduced access of cellular integrins to RGD residues in the gelatin matrix.194,207,216 Cell 
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adhesion to collagen occurs through integrins α1β1, α2β1, and, less prominently, through 
α5β1 and αVβ3.225,226 Upon denaturation to form gelatin, the triple helical structure of 
collagen is lost with a corollary loss of integrin α1β1  and α2β1 affinity.227,228 The 
denaturation process also exposes previously hidden RGD sites within the resultant 
gelatin.225 Therefore, it is commonly accepted that cell adhesion to gelatin is strongly 
dependent on these RGD residues and binding of the α5β1 and αVβ3 integrins.8,225,227,228  It 
is unlikely that the HDI crosslinking directly deactivates the RGD sequence directly due 
to the relatively slow reaction kinetics of HDI with arginine or aspartic acid as compared 
to lysine residues or water. However, we hypothesize that the high level of crosslinking 
in the 10X meshes reduced integrin-based interactions with RGD domains due to steric 
hindrance or limited accessibility.194,207,216 Grover et al. also reported a decrease in cell 
adhesion on EDC-NHS crosslinked gelatin films (82% crosslinked), which is similar to 
the 10X composition presented here (91% crosslinked).227 The high adhesion on 5X 
meshes (57% crosslinked) indicates that there may be an optimal threshold at which fiber 
morphology is retained and cellular interactions are enhanced. 
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Figure 2.6 A) Adhesion of hMSCs to glutaraldehyde crosslinked gelatin and in situ 
crosslinked gelatin (1X, 5X. 10X) meshes. B) Representative fluorescent images of 
hMSCs cultured on glutaraldehyde crosslinked gelatin and in situ crosslinked gelatin 




Figure 2.7 Viability of hMSCs on glutaraldehyde crosslinked gelatin and in situ 





This work describes a method for in situ crosslinking of gelatin to produce 
electrospun fibers with improved fiber morphology retention in water and tunable 
degradation rates. Given that fiber morphology plays a pivotal role in regulating cell 
behavior and mechanical properties, the improved retention in aqueous solutions indicate 
that in situ crosslinking provides a platform to fabricate effective tissue engineering 
scaffolds. In situ crosslinking provides a more effective crosslinking strategy than 
traditional vapor crosslinking due to homogenous mixing at the needle tip prior to jet 
formation and fiber drawing, allowing for a highly controlled system. Relationships 
between crosslinker ratio and degree of crosslinking, tensile mechanical properties, and 
rate of degradation were identified. As crosslinker ratio was increased, both degree of 
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crosslinking and fiber retention increased in a controlled manner. The initial modulus and 
tensile strength also increased as the crosslinker ratio increased. Additionally, the capacity 
of gelatin mesh degradation to be tuned over a wide range was demonstrated. The 
versatility of this methodology allows for broad implementation with a variety of natural 
polymers (elastin, fibrinogen) with the requirement for implementation being the presence 
of primary amines. Further modulation of properties can be achieved by selecting 
diisocyanate crosslinkers with degradable sites, fluorophores, or pendant conjugation 
moieties (e.g. thiols). Selection of solvent can also influence crosslink length and helice 
formation with corrolary effects on scaffold mechanical properties.  
By improving fiber morphology retention, this in situ crosslinking method allows 
for predictable scaffold properties (ie. degradation rate, mechanical properties, contact 
guidance) upon in vivo implantation. As a result, this method is a viable candidate for 
controlled scaffold generation for tissue engineering applications. In the following 
chapter, this method is utilized as a bioactive layer to promote anastomotic healing. The 
5X ratio, which was seen to maximize both cellular adhesion and degradation period, was 
hypothesized to provide the greatest potential for healing. The release kinetics of the in 
situ crosslinking method are then evaluated in Chapter 4. As the degree of crosslinking 
was directly controlled via crosslinker ratio, we believed that this could also be used as a 
tool to tune drug delivery. By enabling pre-programming of release kinetics, this in situ 
crosslinking method was utilized to develop a multi-factor release system with 
independent control over release kinetics. Overall, this in situ crosslinking method 
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fabricates electrospun gelatin scaffolds with increased predictability of properties, which 
many applications can benefit from.  
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CHAPTER III  
IN VIVO PERFORMANCE OF A BILAYER WRAP TO PREVENT ABDOMINAL 
ADHESIONS AND ENHANCE ANASTOMOTIC HEALING 
 
3.1 Introduction 
Intestinal anastomoses following bowel resection are among the most frequently 
performed procedures in general surgery.229 Despite advancements in suturing and 
stapling techniques, there is a high incidence of post-operative complications with 3-30% 
of patients presenting with anastomotic leakage and up to 90% of patients developing 
intra-abdominal adhesions.230-233 Anastomotic leakage is of particular concern due to its 
associated high morbidity and mortality rates as a result of infection, peritonitis, and 
sepsis.232,234,235 Treatment of anastomotic leaks often requires prolonged hospitalization 
and a secondary operation to minimize infection. Intra-abdominal adhesions form 
vascularized fibrotic bridges between adjacent tissues that can restrict normal organ 
movement and blood supply leading to chronic pain and bowel obstruction.236,237  The 
severity and widespread occurrence of these two complications underscores the need for 
a method to improve patient outcomes after these surgical procedures.  
The two most prevalent approaches to reduce anastomotic leakage are 
reinforcement of the anastomotic closure and an adjunct wrap placed over the 
anastomosis. Despite substantial experimental efforts to develop a method using surgical 
sealants such as fibrin and cyanoacrylate glues to strengthen the suture line, the results of 
several animal studies have displayed high variability of outcomes that was attributed to 
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dosage variations and inconsistencies in application.238-240 As an alternative, several 
groups have evaluated tissue-derived wraps to externally reinforce the anastomosis and 
enhance anastomotic healing including patient-specific omentum, bovine pericardium, 
human amniotic membrane, and porcine collagen foams.241-246  Bovine pericardium, in 
particular, has been shown to improve wound healing with significant increases in burst 
pressures of the treated anastomoses.244  Although these materials effectively enhance 
healing and reduce anastomotic leakage, none have gained commercial success likely due 
to the increased incidence and severity of intra-abdominal adhesions associated with their 
use.247,248    
To address the complications of intra-abdominal adhesions after intestinal 
surgeries, several adhesion barriers, such as Seprafilm and Interceed, have been 
developed and commercialized. Adhesion barriers act as a physical barrier between the 
injured tissue and adjacent viscera during the critical period of post-operative healing (5-
7 days), thereby reducing the formation of fibrotic adhesions.249  Seprafilm, a film 
composed of sodium hyaluronate and carboxymethylcellulose, effectively reduces the 
incidence and severity of adhesions both experimentally and clinically.236,250 Interceed 
is composed of an oxidized regenerated cellulose with similar outcomes.251 Although these 
adhesion barriers have reduced adhesion formation, their efficacy is significantly reduced 
in the presence of blood and an increased rate of anastomotic leakage has been reported 
due to a delay in anastomotic healing.252-254  Several clinical studies have recommended 
that surgeons avoid applying Seprafilm directly onto the suture or staple line 
immediately after anastomoses.250,253,255   
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To date, current treatments to enhance anastomotic healing often result in 
increased adhesions; whereas, barrier materials to reduce adhesions can delay anastomotic 
healing. Our lab has developed a bilayer wrap to concurrently address both of these 
complications. The inner layer consists of an electrospun gelatin mesh to promote cell 
adhesion and remodeling.140  Reactive electrospinning developed in our lab was utilized 
to modulate the degree of gelatin crosslinking and the corollary resorption rate. In order 
to resist adhesion formation, a degradable poly(ethylene glycol) (PEG) hydrogel was 
selected as an outer layer due to its inherent non-fouling properties.256  This bilayer design 
imparts selective bioactivity to the wrap with independent tuning of each component to 
both enhance anastomotic healing or reduce intra-abdominal adhesions.  
In this study, hydrogel foam and electrospun mesh formulations were investigated 
to identify a bilayer structure with requisite surgical handling characteristics and retention 
of wrap integrity after swelling. Candidate bilayer wraps were then evaluated to confirm 
selective bioactivity over two weeks. Based on initial in vivo studies, the bilayer wrap was 
further modified to include an additional tissue adhesive component to prevent 
displacement after implantation. Finally, in vivo performance was assessed using a rat 
colonic abrasion model in comparison to a clinical control, Interceed. Collectively, these 
studies provide an initial evaluation of a new bilayer wrap design to address the significant 






3.2 Materials and Methods 
3.2.1 Materials 
All chemicals were purchased from Sigma Aldrich (Milwaukee, WI) and used as 
received unless otherwise noted. 
3.2. 2 Polymer Synthesis 
PEGDA was synthesized according to a method adapted from Hahn, et al.. Briefly, 
acryloyl chloride was added dropwise to a solution of PEG 2 kDa or 6 kDa diol and 
triethylamine in dichloromethane (DCM) under nitrogen. The molar ratio of PEG, acryloyl 
chloride, and triethylamine was 1:2:4, respectively. After the addition of acryloyl chloride, 
the reaction was stirred for an additional 24 hours at room temperature. The resulting 
solution was then washed with 8 molar equivalents of 2 M potassium bicarbonate to 
remove acidic byproducts. The product was then precipitated in cold diethyl ether, filtered, 
and dried under vacuum. 
Poly(ethylene glycol) diacrylate with thio-β esters (PEGDTT) was synthesized as 
previously described.256  d,l-dithiolthreitol (DTT) and triethylamine (TEA) were added 
dropwise to a solution of PEGDA (2 kDa) in DCM. The molar ratio of DTT, PEG and 
triethylamine was 3:2:0.9, respectively. After the addition of the DTT and triethylamine, 
the reaction was stirred for 24 hours at room temperature. The resulting solution was then 
precipitated in cold diethethyl ether, washed, filtered, dried under ambient conditions for 
24 hours then placed under vacuum to remove any excess solvent.  
Characterization of PEGDA and PEGDTT was confirmed using proton nuclear 
magnetic resonance (1H-NMR) spectroscopy. Proton NMR spectra of control and 
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functionalized polymers were recorded on a Mercury 300 MHz spectrometer using a 
TMS/solvent signal as an internal reference. Percent conversions of PEG diol to acrylate 
endgroups was greater than 85%. 1H-NMR (CDCl3): δ 3.6 ppm (m, -OCH2CH2), 5.8 ppm 
(dd, -CH=CH2), 6.1 (dd, -CH=CH2) and 6.4 ppm (dd, -CH=CH2).  
3.2.3 Bilayer Wrap Fabrication  
In situ crosslinking of electrospun gelatin was performed as previously reported.140  
Briefly, a double-barrel syringe with an attached mixing head and a diisocyanate 
crosslinker were utilized to generate electrospun scaffolds that crosslink during the 
electrospinning process. Bovine-derived gelatin, 1,4-diazabicyclo[2,2,2]octane (DABCO) 
and hexamethylene diisocyanate (HDI) were each dissolved in 2,2-trifluoroethanol (TFE). 
The concentration of HDI was determined such that the crosslinker density would equal a 
5X ratio of isocyanate/amine. Double-barrel syringes were loaded with 10 wt% 
gelatin/TFE and 5 wt% (of solids) DABCO solution in one barrel and HDI/TFE solution 
in the other. The double barrel syringe solutions were pumped through a mixing head and 
an 18 gauge blunted needle at a rate of 3.0 mL/hr and were 12 cm away from the collector. 
A high voltage of 12 kV was then applied to the needletip. Meshes were electrospun for 3 
hours and stored under vacuum for at least 24 hours before further use.  
PEG hydrogels were fabricated from a 10wt% PEGDTT:PEGDA 75:25 solution 
in distilled water. A photoinitiator solution (1 mg Irgacure 2959 per 10 µl 70% ethanol) 
was added at 1 vol% of precursor solution.  PEG hydrogel precursor solution was pipetted 
between 1 mm spacer plates and exposed to UV light to initiate crosslinking. After 45 
seconds of UV illumination, a 0.2 mm thick gelatin mesh was placed on top of the surface 
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of the hydrogel. Samples were then exposed to UV light for 5 additional minutes to 
complete hydrogel formation. Bilayer wraps were swollen in RO water overnight followed 
by lyophilization before further use.  
30 wt% precursor solutions of PEGDTT:PEGDA 75:25 were made in DCM:EtOH 
7:3 to enable electrospraying. A photoinitiator solution (1 mg Irgacure 2959 per 0.01 ml 
70% ethanol) was added at 3 vol% of precursor solution. The hydrogel solution was then 
added to a syringe and pumped at a rate of 1.0 mL/hr. A voltage of 7.5 kV was applied to 
the needle tip. Electrospun gelatin meshes were attached to a copper plate and utilized as 
the collector. -2 kV was applied to the collector, which was set 13 cm away from the 
needle tip. A UV lamp was placed above the electrospinning set up in order to enable in 
situ curing. The hydrogel solution was electrosprayed for 3 hours, after which the resulting 
bilayer wrap was vacuumed for at least 24 hours prior to characterization. 
PEG-based hydrogel foams were prepared using an emulsion templating method 
developed previously in our laboratory. Emulsions were fabricated using a FlackTek 
Speedmixer DAC 150 FVZ-K. Hydrogel precursor solutions were made by mixing 20 
wt% PEGDTT:PEGDA 75:25  in a 10 wt% solution of Pluronics F-68 in water, and a 
photoinitiator solution added at 1% of the total polymer of lithium phenyl-2,4,6-
trimethylbenzoylphosphinates (LAP). Precursor solutions were made with and without 10 
wt% trimethyloylpropane ethyodylate triacrylate (TMPE-TA) as an additional crosslinker. 
Once thoroughly mixed, light mineral oil was added at volume fractions of 50% of the 
continuous polymer precursor phase. The water and oil composition was mixed at 2500 
rpm for 5 minutes. Electrospun gelatin meshes were affixed to 1.0 mm spacer plates and 
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hydrogel emulsions were then transferred into the mold.  Samples were exposed to UV 
light for 6 minutes to complete foam formation. Wraps were then subjected to a series of 
three 1-hour soaks to remove the oil content: 1. 50/50 dichloromethane/ethanol 2. 100% 
dicholoromethane 3. 100% ethanol. After the last ethanol soak, wraps were soaked in 
distilled water overnight prior to lyophilization before further use.  
3.2.4 Bilayer Wrap Characterization  
Scanning electron microscopy (SEM) (JOEL 6500) was utilized to image 
specimens. Lyophilized samples were stored under vacuum prior to imaging. Specimens 
(n = 4) were coated with 4 nm of gold using a sputter coater (Sputter Coater 108, 
Cressingtion Scientific Instruments). Confirmation of two distinct layers was performed 
by evaluating the chemical structure of each using attenuated total reflectance-Fourier 
transform infrared (ATR-FTIR) spectroscopy (Nicolet iS10 (hermo Scientific) at a 
resolution of 2 cm-1 for 32 scans. 
Wraps were cut into dogbone specimen (n = 4) accordance with ASTM D1708 and 
strained to failure at a rate of 100 % per min based on the initial gauge length using an 
Instron 3345 uniaxial tensile tester equipped with a 100 N load cell and pneumatic side 
action grips (Instron 2712-019). The elastic modulus, tensile strength, and ultimate 
elongation were calculated from the resultant engineerin stress/strain curves. A secant 
modulus at 2% strain was calculated for the elastic modulus and subseuquently referred 
to as “modulus”. Toughness was calculated as the area under the stress-strain curve.  
Selective bioactivity over time was assessed via cell adhesion. Human dermal 
fibroblasts were cultured in growth media containing 16.5% fetal bovine serum (FBS, 
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Atlanta Biologicals), 1% L-glutamine (Life Technologies), and Minimum Essential Media 
α (MEM α, Life Technologies) to 80% confluency and utilized at Passage 5. Specimens 
(n=4) were placed in a tissue cultured 48-well plate (Corning) and were sterilized for 30 
minutes under UV. Wraps were then immersed in PBS and incubated at 37 °C for 2 weeks. 
Samples were then taken at 1, 3, 7, 14 days to test bioactivity. Human dermal fibroblasts 
were seeded upon both layers at 10,000 cells/cm2 in growth media supplemented with 1 
vol% penicillin-streptomycin. Following a 3 hour incubation, cells were fixed and stained 
with rhodamine phalloidin (F-actin/cytoplasm) and SYBR green (DNA/nucleus). Cell 
adhesion was calculated from manual cell counts of images obtained through raster 
patterning of 4 specimens (n = 20) using a fluorescence microscope (Nikon Eclipse 
TE2000-S). 
3.2.4 Dopamine Tissue Adhesive Coating 
 Dopamine hydrochloride was dissolved at 2 mg/mL in 10 mM tris. 1 mL of 
solution was then carefully pipetted onto the gelatin layer of a swollen bilayer wrap. After 
30 minutes, the solution was pipetted off and 1 mL of 10 wt% sodium periodate was 
applied to the bilayer warp. After 1 minute, the solution was pulled off and wraps were 
washed in distilled water three times. Samples were subsequently frozen and lyophilized 
prior to characterization.   
3.2.5 In vivo Assessment 
First, in vivo resorption rates for each component of the bilayer mesh was assessed. 
Sprague-Dawley rats (n = 3/group) were randomly assigned to 1 of 2 groups 1) PEG foam 
and 2) electrospun gelatin mesh to assess degradation. Animals were anesthetized with 
 63 
 
isoflurane in oxygen and maintained on isoflurane in oxygen via a nose cone. The ventral 
abdomen was clipped and prepped for surgery with chlorohexidine and 70% ethanol. The 
abdomen was draped with a paper drape and a 2 cm ventral mid-line incision made in the 
central 1/3 of the abdomen. The appropriate mesh was paced in the abdomen (Dry) in a 
sterile manner. The body wall was closed with 5-0 PDS in a simple continuous pattern and 
the skin was closed with 5-0 PDS in a simple continuous pattern. A circumferential 
abdominal bandage (ultralight) was placed immediately post-operatively. All animals 
were administered buprenorphine (0.01 mg/kg subcutaneously) immediately post-
operatively. At each time point the rats were euthanized via CO2 asphyxiation. The 
abdomen was opened and entire abdomen thoroughly explored to observe degradation 
macroscopically. 
The effect of treatment on the formation of intra-abdominal adhesions was 
assessed using a rat cecum abrasion model. Sprague-Dawley rats (n = 5/group) were 
randomly assigned to 1 of 6 groups 1) cecum abrasion with no treatment; 2) cecum 
abrasion with fibrin glue applied; 3) cecum abrasion with Interceed ® applied 4) cecum 
abrasion with gelatin mesh only applied 5) cecum abrasion with PEG foam only applied 
6) cecum abrasion with bilayer wrap applied. Samples were sterilized using ethylene oxide 
and allowed to vent for 3 days prior to use. Twelve-week-old rat were anesthetized with 
isoflurane in oxygen and maintained on isoflurane in oxygen via a nose cone. The ventral 
abdomen was clipped and prepped for surgery with chlorohexidine and 70% ethanol. The 
abdomen was draped with a paper drape and a 2 cm ventral mid-line incision made in the 
central 1/3 of the abdomen. The cecum was exteriorized and a template used to abrade the 
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cecal serosa in a standard location, size, and severity of abrasion (40 strokes of a dry gauze 
with mild pressure). Similarly, a 1cm x 1cm area of body wall was resected from the right 
side of the abdomen centered 1cm dorsal to the incision. A single simple interrupted suture 
(5-0 monocryl) was placed between the cecum and the body wall at a site ~1 cm distant 
(cranial) to the abraded area of both the cecum and body wall. This was done in order to 
hold the damaged areas in close proximity to mimic the post-operative ileus suggested to 
be a contributing factor to adhesion formation and to serve as a marker so that the damaged 
areas could be readily identified upon post-mortem exam. The treatments were then 
applied. Briefly, Tiseel ® tissue sealant was used as fibrin glue (Baxter health care) and 
was thawed in a water bath 1 hr prior to use and used within 4 hrs of thawing. ~200uL of 
fibrin glue was applied to the abraded surface of the cecum for every group except PBS 
and Interceed ®. The mesh (if appropriate) was then immediately applied to the area 
making every effort to cover the abraded area with the mesh. For Interceed ®-treated rats, 
fibrin glue was not applied and instead Interceed ® was applied according to 
manufacturer’s directions (applied dry to dry, non-bleeding surface). Similarly, ~500 uL 
PBS was pipetted onto the damaged portion of the cecum three times for the PBS group. 
The cecum was then returned to the abdomen. The body wall was closed with 5-0 PDS in 
a simple continuous pattern and the skin was closed with 5-0 PDS in a simple continuous 
pattern. A circumferential abdominal bandage (ultralight) was placed immediately post-




At each time point animals were euthanized via CO2 asphyxiation. The abdominal 
wall was opened at the left flank (to avoid disturbing site of adhesion) and retracted to 
expose the right body wall. Any adhesions were photographed and adhesions scored as 
described in Table 3.2. One observer blinded to treatment group scored all of the animals. 
The area of adhesion and ~2mm of surrounding cecal wall and body wall were resected, 
split in half with 1⁄2 being flash forzen at -80 and the other half formalin fixed. A 
composite score was assigned to each rat based on the following calculation:  
𝐶𝑜𝑚𝑝𝑜𝑠𝑖𝑡𝑒 𝑠𝑐𝑜𝑟𝑒 =  𝑠𝑖𝑧𝑒 × (𝑠𝑡𝑟𝑒𝑛𝑔𝑡h + 𝑚𝑎𝑡𝑢𝑟𝑖𝑡𝑦) 
3.2.6 Statistical Analysis  
Data is displayed as mean ± standard deviation for each composition. A 
Student’s t-test was performed to determine any statistically significant differences 
between compositions. All tests were carried out at a 95% confidence interval (p ± 0.05). 
  
3.3 Results and Discussion 
This work describes the development of a bilayer wrap to simultaneously address 
the two most prominent complications in intestinal anastomosis procedures: adhesion 
development and anastomotic leakage. Current treatments to improve anastomotic healing 
often result in increased adhesions, whereas barrier materials to reduce adhesions can 
delay healing.247,254  To this end, we have developed a degradable, bilayer wrap that resists 
adhesion formation while maintaining the potential to promote healing and rapid 
remodeling of the anastomosis site. The inner layer consists of a crosslinked gelatin 
electrospun mesh. Gelatin, a natural polymer, inherently promotes cellular adhesion 
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through its cellular binding sites, while the fibrous structure of the electrospun mesh 
promotes cellular integration. Previous work demonstrates a methodology to crosslink 
gelatin during the electrospinning process with a diisocyanate for improved fiber 
morphology retention and controlled degradation (targeted 2 weeks).140  The outer layer 
of the wrap is a degradable poly(ethylene glycol) (PEG)-based foam. PEG based scaffolds 
have an intrinsic resistance to cell adhesion and thereby have the potential to prevent 
adhesion to surrounding tissue. In fact, West et al.. utilized an in situ crosslinked 
polyethylene glycol-co-lactic acid diacrylate hydrogel to effectively reduce the adhesion 
formation by 60% in a similar rat model. As the degradation rate of PEG-diacrylate 
(PEGDA) is slow, a modified PEG-based foam with thio-β ester linkages to provide 
controlled hydrolytic degradation was utilized. In addition to also promoting anastomotic 
healing, the ideal adhesion barrier would be simple to apply, stable in aqueous 
environments, degrade within the targeted time frame, and adhere to the anastomotic 
site.257 The studies presented here provide proof-of-concept of the proposed bilayered 
wrap as an adhesion barrier for intestinal procedures that would simultaneously also 
enhance anastomotic healing.  
3.3.1 Bilayer Wrap Optimization  
 
Multiple bilayer formulations were investigated for their suitability to produce an 
optimized adhesion barrier with enhanced handleability and stability in vitro. The 
proposed PEG-based layer for adhesion prevention was applied to the inner electrospun 
gelatin layer in 3 forms: a hydrogel layer, an electrosprayed layer, and a foam layer 
(Figure 3.1). Each of the 3 bilayer wrap fabrication methods were assessed for 
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handleability in terms of tensile properties and stability via delamination assessment upon 
swelling. The hydrogel bilayer wrap displayed the most brittle behavior, as evidenced by 
the stress-strain curves in Figure 3.2B. The electrosprayed bilayer wrap had the lowest 
toughness (0.6 ± 0.2 MJ/m3) and reached tensile failure at 3.5 ± 1.2% elongation. The PEG 
foam bilayer wrap displayed the highest toughness of 22.4 ± 1.4 MJ/m3 and reached an 
elongation of 40 ±4%, suggesting increased ease of application, and was selected for future 
iterations. However, swelling analysis indicated delamination upon immersion in water. 
This delamination was attributed to the large degree of swelling displayed by the PEG. In 
order to decrease the degree of swelling, and thereby resist delamination, the crosslinker, 
trimethylolpropane ethoxylate triacrylate TMPE-TA, was added to the foam precursor 
solution. It is well established in literature that the addition of a crosslinker reduces 
scaffold swelling.258 The TMPE-TA containing PEG foam was again evaluated to ensure 
maintenance of handleability and stability in vitro. The formulation displayed a further 
significant increase, from 22.4 ± 1.4 to 28.8 ± 1.6 MJ/m3 in toughness, suggesting 
increased ease of application for clinicians. Furthermore, the formulation displayed no 
evidence of delamination upon swelling. This optimized bilayer wrap, containing an 
electrospun gelatin layer and PEG-TMPETA foam was subjected to further 





Figure 3.1 Bilayer wrap fabrication schematics of 3 formulations A) Electrospun mesh + 






Figure 3.2 A) Schematic of tensile testing procedure B) Representative stress-strain 
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Gelatin + electrosprayed PEG 
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3.3.2 Bilayer Wrap Characterization 
ATR-FTIR was utilized to evaluate the chemical composition of each layer in the 
selected bilayer wrap. Spectra, displayed in Figure 3.3A, indicated that while PEG was 
visible on both layers, as demonstrated by the strong ether peak at 1105 cm-1, the amine 
stretch at 3333 cm-1 of gelatin was only present on the inner layer. Although the presence 
of PEG on the inner layer does not preclude the cell adhesive characteristics of gelatin, the 
presence of gelatin on the outer layer would reduce the adhesion resistant properties of the 
PEG layer.259  As a result, this was considered to be acceptable. Scanning electron 
microscopy of the selected bilayer wrap, displayed in Figure 3.3B, supported the layer 
composition results described by ATR-FTIR. The inner gelatin layer consisted of 
homogenous, smooth fibers while the outer PEG foam layer displayed a porous 
architecture. Next, the potential to maintain selective bioactivity over the desired 
application period (2 weeks) was evaluated by assessing human dermal fibroblast (hDF) 
adhesion on each layer at selected time intervals. Fibroblasts were selected for evaluation 










+ PEG hydrogel 23 ± 4.8 0.6 ± 0.2 2.5 ± 0.5 1.2 ± 0.4 
+ electrosprayed PEG 4.8 ± 0.7 0.2 ± 0.2 3.5 ± 1.2  0.6 ± 0.2 
+ PEG foam 4.9 ± 0.9 0.7 ± 0.1 40 ± 4 22.4 ± 1.4 
+ PEG/TMPETA foam 4.1 ± 0.2 0.9 ± 0.1 48 ± 0.3 28.8 ± 1.6 
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utilized as a screening method for adhesion evaluation.260  Bilayer wrap samples were 
incubated in PBS for 2 weeks and removed at 1, 7, and 14 days to determine the effect of 
degradation on bioactivity. At each time point, hDFs were seeded onto each side of the 
bilayer warp and cell adhesion was evaluated. There was marked cell adhesion on the 
electrospun gelatin layer throughout the course of the study (Figure 3.3C&D), indicating 
that it was unaffected by the presence of the PEG foam layer. This was expected as gelatin 
is widely incorporated into scaffolds to enhance cellular adhesion. On the other hand, the 
PEG foam layer resisted cellular adhesion throughout the 14 day period, suggesting that 





Figure 3.3 Characterization of bilayer wrap A) ATR-FTIR of each layer B) SEM of 
each layer C) Fluorescent images of hDF adhesion on each layer  D) Quantified hDF 




3.3.3 Assessment of In Vivo Degradation 
A key requirement for an improved adhesion barrier is controlled degradation that 
matches the adhesion formation and healing cascade at the wound site.260 Adhesion 
development typically occurs within the first five days after surgery and is driven by the 
natural repair process. After damage at the peritoneum, macrophages and mesothelial cells 
secrete cytokines and other inflammatory mediators to initiate re-epithelialization.261 
During this process, fibrin is deposited at the injured site, forming a matrix to facilitate 
repair. At this time, fibrin bridges, or adhesions, may form between two adjacent damaged 
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surfaces. Typically, fibrin is then broken down leaving behind a healthy mesothelial layer. 
However, in many instances, this process is disturbed and limited fibrin breakdown 
occurs, resulting in an influx of fibroblasts, capillaries, and nerves that lead to the 
development of permanent fibrous connective tissue, also known as adhesions.262   
While adhesion formation is typically prevented by physical separation between 
tissues during the first 5 days, the critical re-epithelialization period takes 1-2 weeks.263 
As the gelatin layer of the bilayer wrap is present in order to promote this re-
epithelialization, the targeted degradation time for the wrap is 2-3 weeks to provide a 
buffer for delayed healing. Furthermore, it was hypothesized that the PEG foam layer 
degradation rate should be slower than that of the gelatin layer in order to prevent adhesion 
formation due to gelatin exposure. Previous in vitro studies demonstrated that the gelatin 
layer reached full degradation in enzymatic solution by 14 days, while the PEG foam layer 
hydrolytically degraded within 3 weeks.140,256 Prior to evaluating the efficacy of the 
bilayer wrap in vivo, an in vivo degradation scouting study was conducted. Samples of 
each composition were implanted within the abdominal cavity of rats and degradation was 
assessed visually after 7, 14 and 21 days. Initial studies indicated that gelatin meshes were 
present at 7 days and had lost mechanical integrity by 14 days. PEG foam samples 
remained at 21 days, suggesting that a longer study must be conducted to fully evaluate 
the in vivo degradation rate. These initial results indicated that the degradation profiles of 





3.3.4 In Vivo Evaluation of Intra-Abdominal Adhesion Formation 
Intestinal adhesion formation between the cecum and peritoneum of rats was 
evaluated by observation of abdominal wound sites within an abrasion model after 14 days 
(Figure 3.4). Initial scouting studies indicated that applying the bilayer wrap to the wound 
site with sutures resulted in strong adhesion formation initiated by leakage, and ultimately 
infection, at the suture site. Similar results were reported by Bolgen et al. when suturing 
electrospun PCL scaffolds as an adhesion barrier.236 As a result, fibrin glue was used to 
affix the bilayer warp to the abraded area. The adhesions were evaluated macroscopically 
to evaluate their area, strength, and maturity. A summary of the suture scoring method is 
described in Table 3.2. In addition to the displayed scoring system, a composite score was 
also calculated in an attempt to better capture the differences in adhesions as the small 
scale (0-3, 0-5) does not capture the differences between large, mature adhesions and 
smaller, less cohesive adhesions well. Figure 3.5 displays a summary of the results as well 
as representative images from each group. Control rats, and rats with only fibrin glue 
application, showed the development of strong, thick adhesions between the cecum and 
peritoneum in all instances, with composite scores of 18 ± 8 and 20 ± 4, respectively. 
Interceed ® was utilized as a clinical control and showed complete prevention of 
adhesions in all specimens (composite score = 0 ± 0). Gelatin meshes applied alone saw a 
range of adhesion formation in all samples, with a composite score of 12 ± 10. This is 
expected as gelatin is known to promote cell adhesion, which the bilayer aims to utilize to 
promote healing, and could exacerbate adhesion formation after initially acting as a 
physical barrier. Foam control and bilayer wrap treated rats had composite scores of 8.4 ± 
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7 and 7.6 ± 5 each. However, upon closer look both foam controls and bilayer wraps 
showed interesting results. Both showed significant reduction of adhesions compared to 
Interceed ® in 2 rats, while the remaining rats all had immature adhesions at the wound 
bed. Upon closer look, it was noted that the foams/bilayer wraps had been displaced from 
the wound site in each of the rats where adhesions were reported. No adhesions were found 
in rats where the wraps/foams remained in place. As such, it was concluded that the fibrin 
application was not satisfactory and that wraps needed to be formulated such that they 




Figure 3.4 Schematic of rat in vivo abrasion model utilized to assess adhesion formation 
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Figure 3.5 Initial in vivo adhesion study results. A) Composite adhesion scoring for all 
treatments, red dots indicate treatment displacement B-G) Representative images taken 
from site where treatments were applied, B = PBS treated, C = fibrin glue only treated, 




3.3.5 Development and In Vivo Assessment of a Tissue-Adhesive Bilayer Wrap  
Recent studies have reported that dopamine layers can be added to substrates in 
order to impart tissue adhesive properties. This technology is derived from mussels, which 
are known to adhere to all types of organic and inorganic surfaces. Dopamine 
hydrochloride (dopamine) has been identified as the compound which facilitates mussel 
adhesion to substrates through both covalent and noncovalent interactions.264 The 
hydroxyls on dopamine catechols can form covalent bonds with primary amines presented 
on organic substrates, such as tissue, under oxidizing conditions. As a result, dopamine 
has become a popular candidate to promote tissue adhesion in devices.265 Furthermore, 
Messersmith et al. has shown that dopamine can self-assemble into a polymer coating on 
objects through simple dip-coating.266 Thus, dopamine coatings were investigated as a 
method to confer adhesive properties to the bilayer wrap. We hypothesize that a dopamine 
coating could facilitate crosslinking with the wound surface as the catechol transitions into 
a quinone upon oxidation, which can then form a covalent bond with primary amines 
through nucleophilic attack.267,268  This reaction would permit adhesion between the 
dopamine-coated gelatin layer and the wound surface (Figure 3.6B). To this end, bilayer 
wraps were coated with dopamine through the reported dip-coating method. Wraps were 
then oxidized and lyophilized to preserve their oxidized state. Lap shear testing to evaluate 
the adhesive strength and an in vivo study utilizing the dopamine coated wraps are 




Figure 3.6 A) Schematic of dopamine coating process, blow out describes hypothesized 
reaction of dopamine coating with wound site B) Schematic of hypothesized 
crosslinking between dopamine coated wrap and intestinal tissue C) Schematic and 
photograph depicting the lap shear test set up 
 
 
Overall, these unique wraps utilize material properties to maintain selective 
bioactivity throughout degradation in a controlled manner. By combining the native 
properties of PEG and gelatin, this bilayer approach could be used to simultaneously 
enhance anastomotic healing while preventing abdominal adhesions, unlike any current 
clinical standard. As a first step towards this goal, the presented studies provide an initial 
evaluation of the bilayer wrap with optimized handleability, controlled degradation, and 
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tissue adhesiveness. Current studies involve in vivo assessment of improved anastomotic 
healing by evaluating the tensile strength and burst strength of the treated anastomoses as 
well as collagen deposition and organization at the site. Moreover, results will be 
compared to Interceed ® in order to assess improvement upon clinical standards. Future 
studies also include a full evaluation of the in vivo degradation rate and biocompatibility 
of each layer of the bilayer wrap. If the degradation profile significantly differs from our 
initial scouting, the rates may be adjusted according to crosslink density (gelatin layer) 
and DTT content (PEG layer). Collectively, this tunable system has the potential to have 
a direct impact upon patients through rational design of a more effective adhesion barrier 
with the capacity to enhance anastomotic healing.  
 
3.4 Conclusions 
In this study, we successfully fabricated a gelatin mesh-PEG foam bilayer wrap 
that retains the advantages of each respective material to form a composite device for the 
simultaneous treatment of adhesion formation and anastomotic healing. Specifically, the 
completed studies establish initial efficacy of a clinical treatment to prevent surgical 
adhesions with the potential to enhance anastomotic healing. Given the prevalence of these 
procedures and the high morbidity and healthcare costs associated with complications, the 
proposed bilayer mesh could have a strong clinical impact. This wrap has been optimized 
for easy surgical handling, tailored degradation to match the physiological cascade, 
selective bioactivity to control cellular behavior, and tissue adhesiveness for facile 
application. This work resulted in an initial proof-of-concept device that was shown to 
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effectively prevent adhesion formation in vivo. The bilayer wrap studied here could lead 







DEVELOPMENT OF A BI-MODAL, IN SITU CROSSLINKING METHOD FOR 
MULTI-FACTOR RELEASE FROM ELECTROSPUN GELATIN 
 
4.1 Introduction 
The delivery of bioactive molecules to promote desired cellular interactions has 
been the subject of intense tissue engineering research for a number of years. In particular, 
the delivery of growth factors and morphogens via scaffolds assists in recapitulating the 
spatial and temporal microenvironments presented by extracellular matrix in order to 
guide cellular attachment, migration, proliferation, and differentiation.269,270 Gelatin, a 
hydrolytic derivative of collagen, has long been used as a vehicle for drug delivery 
applications due to its demonstrated biocompatibility, biodegradability, and high 
availability.157,194,271,272 Gelatin can be fabricated into a wide range of geometries, 
including microspheres, hydrogels, and electrospun meshes.140,273-275 The relatively mild 
processing conditions of these gelatin matrices allows for their application in growth factor 
delivery (e.g. TGF-β, bFGF, VEGF, BMP-2) without bioactivity loss.273,276-278 Most 
commonly, growth factor release kinetics from gelatin are readily tuned by modulating 
the crosslinking density.279 The ease of fabrication and tunable release kinetics has made 
gelatin a popular drug delivery system with a broad range of applications in tissue 
engineering, cancer therapy, and angiogenesis.278,280-283  
Electrospun gelatin fiber meshes are of particular interest as drug delivery vehicles 
as their architecture, in addition to degree of crosslinking, can be easily modified to further 
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tune release kinetics. For example, fiber diameter and fiber architecture (i.e. porosity, co-
axial, emulsions) have been shown to influence drug release rates.51,70,71,284 In addition, 
co-electrospinning enables multiple fiber population collection for multi-factor release.21 
Similar to other fabrication methods, the most common method to tune release from 
electrospun gelatin is via crosslinking of the electrospun mat through vapor-phase or 
liquid-phase crosslinking. For example, Rujitanaroj et al. demonstrated that 
glutaraldehyde vapor crosslinking could be utilized to control release of silver 
nanoparticles for antibacterial applications.285 Due to the toxicity of glutaraldehyde 
crosslinking residues, genipin, a molecule isolated from gardenia fruits, has been 
employed as an alternative crosslinking method of electrospun gelatin.126,127 Del Gaudio 
et al. reported that crosslinking gelatin meshes with 0.1 w/v% vs 0.5 w/v% genipin 
solution reduced the burst release of VEGF from 80% to 50% in the first 24 hours.286 
Although much of the research to date has focused on the delivery of single 
bioactive factors, the ability to deliver multiple factors with distinct kinetics has become 
a key area of current research.270 Multi-factor delivery is expected to improve tissue 
regeneration as it mimics native tissue regeneration that is typically driven by the 
synergistic behavior of many growth factors. For example, in bone tissue engineering, it 
has been shown that the initial delivery of VEGF and more prolonged delivery of BMP-2 
results in increased bone formation.287 Notably, the desired release kinetics of each growth 
factor will be different which drives the need for methods to control release kinetics of 
each factor independent of each other. Although glutaraldehyde, genipin, and 1-ethyl-3-
(3-dimethylaminopropyl)carbodiimide hydrochloride (EDC) crosslinking methods have 
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been successfully utilized to control delivery from electrospun gelatin, their use as post-
fabrication crosslinking of the entire mesh precludes independent control of multiple 
factors.124,285,286 To this end, we have developed two distinct methods to crosslink gelatin 
in situ, or during the electrospinning process, to independently vary crosslinking density 
in different fiber populations of a single mesh.140 By crosslinking in situ, these systems 
enable direct control over fiber crosslinking and, in combination with the co-
electrospinning method, enables the production of a single scaffold containing fibers of 
different crosslinking chemistries and densities.  
In this study, we describe a method for bi-modal, in situ crosslinking of electrospun 
gelatin fibers for the tunable delivery of multiple growth factors. An isocyanate crosslinker 
was utilized to both crosslink the gelatin and conjugate the growth factor to the gelatin 
thereby enabling a sustained release primarily dependent upon enzymatic degradation. For 
a rapid release system, gelatin-methacrylate was photocrosslinked in situ to embed the 
proteins within fibers with release dependent on fiber swelling and diffusion of the growth 
factor. First, the effect of crosslinking modality on release kinetics was determined by 
comparing electrospun meshes from each method with similar degrees of crosslinking. 
The tunability of each system was then assessed by altering the degree of crosslinking and 
characterizing the effect of crosslinking on degradation rate and protein release. 
Bioactivity retention of vascular endothelial growth factor (VEGF) after release from a 
crosslinked electrospun mesh was confirmed with a standard proliferation assay to ensure 
feasibility as a growth factor release system. Finally, fiber populations from each in situ 
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crosslinking modality were co-electrospun into a single mesh to demonstrate its potential 
as a multi-factor delivery system.  
 
4.2 Materials and Methods 
4.2.1 Materials 
All chemicals were purchased from Sigma Aldrich (Milwaukee, WI) and used as 
received unless otherwise noted. Bovine-derived type B gelatin and collagenase (285 
U/mL) from clostridium histolyticum were purchased from Sigma Aldrich. 
4.2.2 Gelatin-methacrylate Synthesis 
Gelatin-methacrylate (Gel-MA) was synthesized by adding 2-isocyanatoethyl 
methacrylate (IEMA) dropwise into a 5wt% solution of gelatin in dimethyl sulfoxide 
(DMSO). IEMA was added such that the molar ratio of isocyanate to amine was 1X, 2.5X, 
or 4X with the assumption of 11 lysines per gelatin molecule. The reaction was performed 
under nitrogen at 40°C with stirring for 3 hours. Upon completion of the reaction, the 
solution was dialyzed against distilled water for 24 hours at 40°C to remove DMSO. The 
product was then lyophilized to isolate the Gel-MA product and methacrylation was 
quantified using NMR based on the method adapted from Ovsianikov et al.288 Briefly, 10 
mg of each Gel-MA sample was dissolved in 1 mL of deuterium oxide and analyzed using 
a 600 MHZ Bruker ADVANCE III. The degree of methacrylation was defined as the 
percentage of amino groups that were modified in Gel-MA. NMR spectra (Figure 4.2) 
were normalized to the phenylalanine sign (6.9-7.5 ppm) to account for the concentration 
of gelatin. On the basis of the known composition of 0.011 mol phenylalanine/100 g 
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gelatin, it can be calculated that the integration of this peak (5 protons) corresponds to 
~0.05297 mol/100 g.289 Additionally, it is known that the total amount of primary amine 
groups in gelatin is ~0.0385 mol/100 g.288 Gel-MA displayed two new peaks at 5.4-5.7 
ppm corresponding to the methacrylate group that were integrated for the following 
calculation. The degree of methacrylation of the different batches of Gel-MA were 
calculated as follows:  
𝐷𝑒𝑔𝑟𝑒𝑒 𝑜𝑓 𝑚𝑒𝑡ℎ𝑎𝑐𝑟𝑦𝑙𝑎𝑡𝑖𝑜𝑛 =  
𝐼5.7𝑝𝑝𝑚
𝐼7.2𝑝𝑝𝑚
 ×  
0.05297 𝑚𝑜𝑙
100





All of the electrospinning runs were performed at ambient conditions (20°C, 45-55% 
relative humidity). Meshes were then placed under vacuum for at least 24 hours prior to 
further characterization.    
4.2.3.1 In situ photocrosslinking 
Gel-MA was dissolved at 8 wt% in 2,2-trifluoroethanol (TFE). Ethylene glycol 
dimethacrylate (EGDMA) was added as a crosslinker at 20 wt% of the polymer and 
pentaerythritol tetrakis(3-mercaptoproprionate) (thiol) was added at 5 wt% of the polymer 
to reduce oxygen inhibition and facilitate crosslinking. A photoinitiator, lithium phenyl-
2,4,6-trimethylbenzoylphosphinates (LAP), was added at 1 wt% of the polymer. The 
solution was stirred at 37°C overnight prior to electrospinning. The Gel-MA solution was 
added to a syringe and dispensed at 1.0 mL/hr (KDS100, KD Scientific) through a blunted 
18 G needle. The syringe pump was placed 12 cm away from a grounded copper plate and 
a voltage source (ES30P-5W/DDPM, Gamma Scientific) was used to apply 12 kV to the 
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needle tip. A UV lamp was placed above the collector to allow for in situ 
photocrosslinking. Each mesh had a total collection time of 2 hours followed by one 
additional hour of UV exposure. For release studies, model proteins (FITC-BSA, TRITC-
BSA) were added to the electrospinning solution at 100 µg/mL.  
4.2.3.2 In situ reactive crosslinking 
In situ reactive crosslinking of electrospun gelatin (Gel-NCO) was performed as 
previously reported. Briefly, a double-barrel syringe with an attached mixing head and a 
diisocyanate crosslinker were utilized to generate electrospun scaffolds that crosslink 
during the electrospinning process. Gelatin, 1,4-diazabicyclo[2,2,2]octane (DABCO) and 
hexamethylene diisocyanate (HDI) were each dissolved in TFE. The concentration of HDI 
was determined such that the crosslinker density would equal a 1X, 2X, and 5X molar 
ratio of isocyanate to amine. For reactive electrospinning, a double-barrel syringe (1:1 
ratio, Nordson EFD) was loaded with 10 wt% gelatin/TFE and 5 wt% (of solids) DABCO 
solution in one barrel and HDI/TFE solution in the other. The double barrel syringe 
solutions were pumped through a mixing head and an 18 gauge blunted needle at a rate of 
3.0 mL/hr. The syringe was placed 12 cm away from the collector and a voltage of 12 kV 
was applied to the needle tip. Meshes were electrospun for 2 hours and stored under 
vacuum for at least 24 hours before further use. For release studies, model protein (FITC-
BSA) was added to the electrospinning solution at 100 µg/mL. 
4.2.3.3 Co-electrospinning 
Co-electrospun meshes were fabricated by electrospinning the Gel-MA and Gel-
NCO onto a negatively charged (-2 kV, ES30N-5W/DDPM, Gamma Scientific) rotating 
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mandrel. The two spinnerets were placed on either side of the mandrel to minimize 
interaction of the electric fields (Figure 5A). Electrospinning was performing according 
to the specifications listed above, with the exception of the collector which was modified 
to the rotating mandrel. A UV lamp was placed above the rotating mandrel. The total 
collection time for each mesh was 1 hour. The fabricated meshes were vacuum dried for 
a minimum of 12 hours prior to characterization. 
4.2.4 Water Uptake 
Water uptake testing was used to determine the crosslink density of the electrospun 
gelatin meshes. To determine the water uptake, meshes (n=6) were soaked in PBS 
overnight at 37C. Meshes were blotted dry using filter paper and the weight after 
immersion was measured using a XSE dual range precision scale (Mettler Toledo). 
Meshes were then dried under vacuum. Water uptake was calculated using the following 
calculation:  
𝑊𝑎𝑡𝑒𝑟 𝑢𝑝𝑡𝑎𝑘𝑒 (%) =
𝑊𝑠 − 𝑊𝑑
𝑊𝑑
 × 100 
where Wd indicates the weight of the dry sample and Ws is the weight of the wet sample. 
4.2.5 Fiber Characterization 
Specimens (n=4) approximately 7 mm square were cut from the center of each 
fiber mesh to avoid edge effects. The fiber morphology was observed using scanning 
electron microscopy (SEM, Phenom Pro, NanoScience Instruments) at 10 kV accelerating 
voltage. Prior to imaging, the specimens were coated with 4 nm of gold using a sputter 
coater (Sputter Coater 108, Cressingtion Scientific Instruments). Images at 10000X, 
8000X, 4000X, and 1000X  magnifications of each mesh (n = 4) were analyzed to 
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determine representative morphologies. Fiber diameter was measured from the first 10 
fibers to cross the midline of each 4000X micrograph. 
Fluorescence microscopy of co-electrospun meshes (n = 3) was performed using a 
confocal fluorescence imaging system (Nikon D-Eclipse C1). The Gel-MA solution was 
mixed with 2 wt% fluorescein, and the reactive gelatin solution was mixed with 0.1 wt% 
rhodamine B. These fluorescently-doped solutions were co-electrospun onto a glass slide 
attached to the rotating mandrel using the parameters described above.  
4.2.6 In vitro Degradation 
Accelerated enzymatic degradation was evaluated using type 1 collagenase 
solution and hydrolytic degradation was assessed in buffer. Electrospun specimens (40 x 
10 x 0.2 mm3) were placed into capped tubes containing 2 mL of PBS or 0.2 units/mL 
collagenase solution and incubated at 37°C with shaking.140 Solutions were changed every 
3 days. At each time point, specimens (n = 3) were collected using centrifugation and 
carefully rinsed 3 times with distilled water. Samples were subsequently frozen overnight 
and then lyophilized. The mass loss of the degraded sample was determined after 
lyophilization by dividing the mass loss by the initial dry mass.  
4.2.7 Release studies  
Model-protein (FITC-BSA, TRITIC-BSA) loaded electrospun scaffolds (n = 4) 
were placed in 2 mL of enzymatic (0.2 U/mL collagenase) or hydrolytic (PBS) solutions 
at 37°C with shaking. At each time point, the entire release medium was removed from 
each specimen (n = 4) and fresh solution was added. The amount of model-protein present 
in the release buffer was determined using a Cytation 3 microplate reader (FITC-BSA: λex 
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= 490 nm, λem = 520 nm, TRITC-BSA: λex = 550 nm, λem = 580 nm). The percentage of 
the released drug was then calculated based on a standard curve and the initial weight of 
the drug incorporated in the electrospun scaffold. The results are presented in terms of 
cumulative release over time.  
4.2.8 Statistical Analysis  
Data is displayed as mean ± standard deviation for each composition. A 
Student’s t-test was performed to determine any statistically significant differences 
between compositions. All tests were carried out at a 95% confidence interval (p ± 0.05). 
 
4.3 Results and Discussion 
In the present study, we developed two simple and effective techniques to crosslink 
electrospun gelatin in situ as a highly tunable platform for multi-growth factor release with 
independent kinetics. By in situ crosslinking, these techniques enable independent control 
of fiber crosslinking within a single scaffold through co-electrospinning. In situ 
crosslinking of electrospun gelatin was achieved using two methods, a photocrosslinking 
system and a reactive crosslinking system. Both methods are based on the work by Tronci 
et al., who demonstrated that isocyanates readily react with the lysine residues on gelatin, 
without heat, to form a disubstituted urea.212 It has been reported that protein release from 
nanofibrous constructs is affected by a combination of the rate of water diffusion across 
nano-scaled pores and polymer degradation.13 To this end, we sought tune release by 
controlling the method of factor incorporation within the gelatin fibers. The 
photocrosslinked system utilized a modified gelatin, Gel-MA, which was methacrylated 
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using an isocyanate linker as opposed to the traditional methacryloyl reaction (Figure 4.1). 
Gel-MA was electrospun and simultaneously crosslinked as the fibers whipped across to 
the grounded collector through UV exposure (Figure 4.3A). Methacrylate crosslinking 
systems have been widely utilized in hydrogels as a method to dictate release of the 
entrapped drug based on molecular diffusion through the matrix, as displayed in Figure 
4.3B.290,291 Studies have shown that drug release kinetics in these systems can be 
controlled by altering the crosslinking density, which in turn determines the network mesh 
size and diffusivity of the scaffold.291,292 The scaffolds produced with this 











Figure 4.2 NMR of gelatin to quantify percent methacrylation 
 
 
The reactive crosslinking system is based on a previously described method where 
a double barrel syringe is used to isolate the individual gelatin and diisocyanate crosslinker 
solutions until mixing immediately prior to jet formation (Figure 4.3C).140  The scaffolds 
produced with this reactive system are subsequently referred to with the prefix “Gel-NCO 
conjugated”. The diisocyanate readily reacts to form bridges between the amines present 
on the lysine groups of the gelatin, providing a one-step crosslinking method without any 
post-processing. However, by also exposing growth factors or proteins to the diisocyanate 
during electrospinning, this method causes the included protein to become crosslinked, or 
tethered, to the gelatin fibers due the presence of primary amines. As a result, release from 
this system was hypothesized to be dictated primarily by degradation of the gelatin fibers. 
Previous studies have demonstrated the tunability of this reactive system with regards to 
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degradation and fiber morphology retention.140 Herein, we build upon this work to 
evaluate the potential of this method, along with the photocrosslinking system, to function 




Figure 4.2 Schematics of A) in-situ Gel-MA embedded and B) in-situ Gel-NCO 
conjugated electrospinning and release mechanisms. 
 
 
4.3.1 Effect of Crosslinking Modality on Degradation and Rrelease 
Initially, the effect of crosslinking modality on degradation rate and release 
mechanisms were investigated. In order to isolate effect of crosslinking modality, in situ 
photocrosslinked and reactive crosslinked scaffolds were fabricated with similar fiber 
diameters (0.77 ± 0.17 µm and 0.72 ± 0.29 µm, Figure 4.4A) as several studies have 
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demonstrated that fiber diameter can directly affect degradation rate, with larger fibers 
requiring a longer time to degrade. Furthermore, scaffolds were prepared with similar 
degrees of crosslinking as indicated by the water uptake of each scaffold. Gel-MA 
embedded scaffolds were calculated to have 375 ± 38% water uptake while Gel-NCO 
conjugated scaffolds had 310 ± 49% (Figure 4.4B). As a result, degradation and release 
kinetics of each scaffold type could be directly compared. Both enzymatic and hydrolytic 
degradation rates were evaluated. Enzymatic degradation of the gelatin fibers was 
performed using a collagenase solution and the results are indicated in Figure 4.4C. 
Collagenase is known to cleave peptide bonds within the structure of gelatin.293 Gel-MA 
embedded meshes fully degraded by 14 days, while Gel-NCO conjugated meshes 
displayed only 62 ± 2% mass loss by day 14. The increased degradation rate exhibited by 
the Gel-MA embedded scaffolds, despite similar scaffold properties, was attributed to the 
thiol content within the electrospinning solution. Thiol was included within the solution 
to improve fiber morphology retention (Figure 4.5) by decreasing oxygen inhibition 
within the radical-mediated methacrylate crosslinking system, as reported by several 
researchers.294 However, β-thioesters have also been shown to decrease the 
electronegativity of the carbonyl of the ester and thereby increase the hydrolytic 
degradation rate.295 Schoenmaker et al. demonstrated an increase in atomic charge on the 
carbon atom of the carbonyl of an ester as it gained proximity to the sulfur atom. The 
electron pull from the sulfur atom increased the positive charge on the carbonyl rendering 
it more susceptible to hydrolytic attack.295 
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In order to address this hypothesis, the degradation rate of the Gel-MA embedded 
and Gel-NCO conjugated scaffolds were also assessed in buffer to isolate the effect of 
hydrolysis vs enzymatic degradation (Figure 4.6). Initial studies indicated that the Gel-
MA embedded scaffolds had a gel fraction of 83 ± 5% and the Gel-NCO conjugated 
scaffolds displayed a gel fraction of 86 ± 4%.  By day 3 in buffer solution, the Gel-MA 
embedded scaffolds displayed approximately 41 ± 6% mass loss while the Gel-NCO 
conjugated scaffolds showed only 15 ± 5% degradation. Although the mass loss depicted 
by the Gel-MA embedded scaffolds was far greater than the soluble fraction of the 
scaffolds, the Gel-NCO conjugated scaffold did not exhibit any further mass loss past its 
soluble fraction. This increase in hydrolytic degradation, despite the comparable degrees 
of crosslinking and fiber diameter, further confirmed the effect of thiol content within the 
photocrosslinking system.  
Release kinetics from both the Gel-MA and Gel-NCO crosslinked scaffolds were 
assessed through inclusion of a fluorescently tagged model protein, FITC-BSA, and are 
displayed in Figure 4.4. Release from Gel-MA embedded scaffolds was hypothesized to 
be diffusion based as FITC-BSA was entrapped within fibers. Alternatively, release from 
Gel-NCO conjugated scaffolds was believed to be facilitated primarily through 
degradation due to crosslinking of FITC-BSA within the gelatin fibers. Therefore, it was 
hypothesized that release from the reactive crosslinking system would be far slower than 
that from the photocrosslinking system despite similar scaffold properties. As expected, 
release from the Gel-MA embedded scaffolds was significantly higher than the Gel-NCO 
conjugated scaffolds. Studies conducted in 0.2 U/mL collagenase indicated that Gel-MA 
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embedded had an initial burst release of 48 ± 12% with a sustained release until day 10, 
upon which release increased to 96 ± 3% due to loss of mechanical integrity. Gel-NCO 
conjugated meshes displayed little burst release (7 ± 5%) and a sustained release to 43 ± 
5% by day 14. As both scaffolds displayed comparable degrees of crosslinking and fiber 
diameter, this difference in release kinetics was attributed to both crosslinking modality 
and degradation rate. In an effort to isolate the effects of diffusion, and thus crosslinking 
modality, from degradation, release was also evaluated in buffer (Figure 4.7). It should 
be noted, however, that as the Gel-MA embedded meshes also displayed significant 
hydrolytic degradation, the effect of diffusion could not be completely isolated. Release 
in buffer indicated an initial burst release of 40 ± 4% followed by a sustained release for 
the Gel-MA embedded system. As mentioned previously, the soluble fraction for the Gel-
MA embedded system was only 17 ± 5%, indicating that far more FITC-BSA diffused out 
of the scaffold than was present in the soluble fraction. The Gel-NCO conjugated system 
displayed an initial release of 14 ± 6% and 17 ± 3% release by day 10, correlating directly 
with the soluble fraction. This minimal release over the course of the study suggested that 
release was not dictated by diffusion within the Gel-NCO system. Collectively, these 
results confirmed the difference in protein inclusion (i.e. encapsulated vs tethered) 
between the Gel-MA and Gel-NCO methods. These two approaches to growth factor 
inclusion enable a wide range of release kinetics, from a high burst release to a prolonged 





Figure 4.4 Effect of crosslinking modality on release. A) Schematics of drug entrapment 
vs conjugation B) Water uptake of Gel-MA embedded and Gel-NCO conjugated 
scaffolds C) Degradation of Gel-MA embedded and Gel-NCO conjugated scaffolds in 
0.02 U/mL collagenase D) Release of FITC-BSA from Gel-MA embedded and Gel-














Figure 4.7 Release of FITC-BSA from Gel-MA embedded 4X and Gel-NCO conjugated 
5X in buffer 
 
. 
4.3.2 In situ Crosslinking Tunability 
The range of each methodology was then assessed in order to evaluate their 
potential as tunable release systems. The crosslinking density was varied to evaluate the 
effect on degradation rate and release kinetics. At each crosslinking ratio tested, smooth, 
uniform fibers with similar fiber diameters were electrospun as displayed in Figure 3A & 
4A. For the photo crosslinking system, Gel-MA 1X, 2.5X, and 4X were synthesized with 
varying degrees of methacrylation, 56 ± 6%, 72 ± 3%, and 94 ± 8%, respectively, as 
confirmed by NMR (Figure 4.2). Figure 4.8B indicated that methacrylation was directly 
correlated with degree of crosslinking as exhibited by water uptake, with Gel-MA 
embedded 1X, 2.5X, and 4X scaffolds absorbing 1053 ± 10%, 762 ± 75, and 375 ± 38% 
of their weight in water, respectively . As expected, an increase in crosslinking density 
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resulted in reduced degradation rates, Figure 4.8C. Gel-MA embedded 1X scaffolds 
experienced a loss of mechanical integrity at 3 days and underwent complete dissolution 
by 7 days. Gel-MA embedded 2.5X and 4X meshes lost mechanical integrity at day 5 and 
day 7, respectively, with full dissolution by day 10. Release kinetics of FITC-BSA 
displayed a similar pattern, with Gel-MA embedded 1X, 2.5X, and 4X scaffolds all 
displaying large burst releases of 94 ± 2%, 65 ± 6% and 48 ± 12% after 24 hours. After 
the initial burst release, a more sustained release was seen with increasing crosslinking 
density, as displayed in Figure 4.8D. Although the effect of crosslinking degree on full 
dissolution was modest, the significant decrease in initial burst release and release kinetics 
between the samples suggests that the network mesh size was indeed tunable, supporting 




Figure 4.8 Tunability of Gel-MA embedded crosslinking system A) SEM micrographs 
of each crosslinking ratio B) Water uptake C) Degradation in 0.02 U/mL collagenase D) 
FITC-BSA Release in 0.02 U/mL collagenase (“]” indicates full mesh dissolution). 
 
 
 As previously reported, the reactive crosslinking system showed a direct increase 
in degree of crosslinking with increasing crosslinker ratio.140 The average water uptakes 
for the Gel-NCO conjugated 1X, 2X, and 5X meshes were 727 ± 130%, 535 ± 50%, and 
310 ± 49%, respectively. This range in crosslinking directly correlated to the observed 
degradation and FITC-BSA release rates, as shown in Figure 4.9. Gel-NCO conjugated 
1X meshes displayed 10 ± 2% mass loss and 15 ± 6% release at day 1. There was then a 
sustained, steady release until day 10 at which point it reached full degradation and 93 ± 
7% release. At day 1, Gel-NCO conjugated 2X meshes had 9 ± 2% mass loss and a 
cumulative release of 12 ± 2%. The Gel-NCO 2X conjugated scaffolds reached 82 ± 4% 
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dissolution and 89 ± 2% cumulative release by day 14. Lastly, Gel-NCO conjugated 5X 
meshes had 9 ± 3% mass loss and 7 ± 5 % cumulative release at day 1, followed by 62 ± 
2% mass loss and 43 ± 5% cumulative release by day 14. Each of the 3 ratios displayed 
minimal burst release and displayed slow, sustained release that closely matched the 
correlating degradation rate. This further supports that FITC-BSA was crosslinked into 




Figure 4.9 Tunability of Gel-NCO conjugated crosslinking system A) SEM micrographs 
of each crosslinking ratio B) Water Uptake C) Degradation in 0.02 U/mL collagenase D) 




 These results indicate that both in situ crosslinking methodologies impart 
significant control over crosslinking, thus allowing for fabrication of fibers with specific 
crosslink densities and release kinetics. Both systems display a decrease in degradation 
 101 
 
rate and release kinetics as the degree of crosslinking increases. These results are typical 
effects of increasing crosslinking density in polymeric materials.219,296 A more sustained 
release profile was seen with the reactive crosslinking system over the photocrosslinking 
system, as expected due to the method of incorporation (i.e. embedded vs tethered). 
Cumulatively, these methods enable tunable release kinetics ranging from immediate burst 
release to slow, sustained release over 14 days. By in situ crosslinking in the liquid phase, 
it is further hypothesized that both of these methods provide a more homogenous 
crosslinking due to crosslinking in the liquid phase rather than post-processing techniques, 
including vapor-phase crosslinking.  
4.3.3 Controlled, Distinct Release of Multiple Factors  
In order to mimic the in vivo tissue environment during regeneration, the most 
important requirement in multi-factor delivery systems is the independent control over 
release for each factor.297 To develop a time-controlled multi-factor delivery system from 
a single scaffold, components that enable presetting of the release profile of all factors are 
required.298 To this end, in situ crosslinked fibers can be co-electrospun onto a mesh, 
creating a single mesh with fibers of different crosslinking densities/modalities, which 
cannot be achieved with traditional post-processing crosslinking techniques. Co-
electrospinning involves simultaneous electrospinning from multiple spinnerets onto the 
same collector.21 This allows for the fabrication of composite scaffolds consisting of more 
than one polymer fiber population. In an effort to demonstrate the potential for multi drug 
release, Gel-MA embedded 4X and Gel-NCO conjugated 5X fibers were co-electrospun 
using the setup detailed in Figure 4.10A. Successful co-electrospinning was confirmed 
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via fluorescence imaging. Representative images of co-electrospun meshes clearly 
identified two distinct and homogenously mixed fiber populations (Figure 4.10B). For 
dual-drug release studies, TRITC-BSA and FITC-BSA were loaded into the Gel-MA 
embedded 4X and Gel-NCO conjugated 5X solution, respectively. Release in enzymatic 
solution was then monitored over 14 days. As hypothesized, release from the composite 
mesh was comparable to that of the individual meshes, as assessed above. Gel-MA 
embedded 4X fibers displayed an initial burst release of 44 ± 6 %, and reached full release 
by day 14. Gel-NCO conjugated 5X fibers displayed a sustained release that reached 55 ± 
5% by day 14. Although there was a slight increase in release at day 1 from the Gel-NCO 
conjugated 5X fibers compared the individual scaffold (12 ± 3% vs 7 ± 5%) it was not 
found to be significantly different. These release rates correspond directly with those seen 
from the individual meshes, suggesting that co-electrospinning does not alter the 
collection of each fiber population and that there was no significant interaction between 
them. Consequently, the overall release profile was dictated by the selected crosslinking 
modality and density, indicating that the dual drug release profile from the composite 
meshes would be tunable based on fiber composition selection. Any combination, and 
number, of photocrosslinked meshes and reactive crosslinked meshes could be co-
electrospun to control and modulate the distinct release of multiple growth factors over a 
wide range from within the same mesh.  
Multiple-factor delivery promotes an enhanced regenerative capability as it allows 
the delivery of multiple growth factors that often work in synergy to regenerate tissue. The 
effective delivery of multiple bioactive factors with distinct kinetics to target sites at an 
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appropriate concentration over a specific timeline is desired to drive tissue development 
to completion.269,270 It is evident that the rate and amount of drug release from the co-
electrospun meshes fabricated in this work can be easily manipulated through the 
demonstrated crosslinking methods. Studies have also shown the efficacy of both 
nanoparticle inclusion and multilayered electrospinning for multi-drug release. Song et al. 
electrospun drug-loaded PLGA and mesoporous silica nanoparticles to demonstrate dual 
drug release with separate and distinct release kinetics.299 Although proven to be effective, 
the tunability of this system was not explored. Xu et al. similarly investigated the use of 
co-electrospinning for dual-release from fibers of different hydrophilicities.270 This 
method would likely have greater efficacy with synthetic polymers as the 
hydrophobicity/hydrophilicity can be tuned over a wide range compared to natural 
polymers which are typically hydrophilic. Multilayered electrospinning, as detailed by 
Okuda et al.., is similar to the co-electrospinning technique and could be implemented 
with the detailed in situ crosslinking mechanisms, however it also presents a potential for 
delamination between layers.298 Furthermore, the photocrosslinking and reactive 
crosslinking mechanisms presented have the potential to be utilized for a wide range of 
natural polymers other than gelatin, including collagen and fibrinogen, with the 
requirement for implementation being the presence of primary amines. This method could 
be ideal for the fabrication of bioactive scaffolds that serve as a vehicle for the delivery of 





Figure 4.10 Tunable dual release from single electrospun mesh A) Schematic of co-
electrospinning set up B) Fluorescence of dual fiber population C) Dual release of 
TRITC-BSA (Gel-MA embedded fibers) and FITC-BSA (Gel-NCO conjugated fibers) 




This work describes a method for multi-factor delivery with distinct release 
kinetics from electrospun gelatin through the development of two in situ crosslinking 
techniques. A photocrosslinking method enabled encapsulation of factors that were 
released as a function of diffusion. On the other hand, a reactive crosslinking method 
faciliatated crosslinking of factors within the gelatin fibers that were released as the fibers 
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degraded. Effects of crosslinking density and crosslinking modality on release kinetics 
and degradation were identified. As crosslinking density increased, degradation rates and 
release kinetics decreased in a controlled manner. Cumulatively, both systems displayed 
tunable degradation and release rates over a wide range. In situ crosslinking enabled the 
preprogramming of release kinetics that were used to demonstrate controlled multi-factor 
delivery from a single scaffold through co-electrospinning. The versatility of this 
methodology allows for broad implementation for applications requiring the delivery of 
several factors for enhanced regeneration. Further modulation of properties can be 
achieved by evaluating these crosslinking methods on other primary amine-containing 
polymers (ie. elastin, fibrinogin). Overall, photo and reactive in situ crosslinking of natural 
polymers during co-electrospinning provides a one-step fabrication method to achieve 








CHAPTER V  
FABRICATION OF MACROMOLECULAR GRADIENTS IN ALIGNED FIBER 




Replicating the complexity of native tissue with a synthetic analog remains a 
challenge for tissue engineers. This can be attributed to the difficulty in mimicking 
heterogeneous tissue structures in order to capture the properties linked to tissue function. 
The transitions between adjacent tissues with disparate properties are particularly 
challenging due to the complex gradients in structure, cell type, and physical properties. 
These transitional zones have been identified in numerous reported failure modes of 
reconstructive surgeries 300,301. For example, reported failures of supraspinatus tendon 
repair using the standard suture anchor technique have been attributed to stress 
concentration at the bone insertion site due to the sharp transition of mechanical properties 
302-304. The mechanics of the native tendon-to-bone interface involves the gradual 
transition in mechanical properties from bone, which can resist high compressive loads, 
to tendon, which is very strong in tension 305. Without a transitional zone to bridge these 
two disparate tissues, stress concentration occurs at the interface, leading to premature 
*Reprinted with permission from “Fabrication of macromolecular gradients in aligned 
fiber scaffolds using a combination of in-line blending and air-gap electrospinning” by AP 
Kishan, AB Robbins, SF Mohiuddin, M Jiang, M Moreno, EM Cosgriff-Hernandez, Acta 
Biomaterialia 2017, 56, 118-128, Copyright (2012) Elsevier. 
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failure 301,306,307. The native enthesis typically consists of graded zones of fibrous 
connective tissue, uncalcified fibrocartilage, and calcified fibrocartilage that interdigitates 
with bone providing secure attachment between the tissues 308-310. Notably, cellular and 
extracellular matrix alignment of the enthesis are in the direction of the interfacial 
gradient. This tissue gradient provides a gradual transition between the tendon and bone 
that ensures mechanical stability of the joint 300. Similarly, graded transitions are seen at 
the muscle-tendon junction and ligament-bone interface. Recapitulating these innate 
transitions is vital to successful reconstruction and for restoring full functionality to the 
injured tissue.  
The majority of tissue engineered scaffolds described in the literature are relatively 
homogenous with isotropic mechanical properties. Although more difficult to fabricate, 
scaffolds with gradients in composition, mechanical properties, or biochemical factors 
may provide enhanced potential to promote heterogeneous or interfacial tissue growth. 
New fabrication strategies are needed to generate scaffolds with spatial distributions of 
structural organization and material composition that can be used for interfacial tissue 
engineering. Electrospinning is a widely utilized method to produce fibrous scaffolds with 
high surface area to volume ratios and fiber diameters on the nano- to micron-scale 7,140,311. 
Due to its high tunability and ease of modulating fiber properties, electrospinning has 
gained popularity in recent years as a technique to fabricate gradient scaffolds 15,312-317. 
Most commonly, offset electrospinning, where two spinnerets are displaced along the axis 
of the collector, has been utilized to generate a transition from one fiber population to 
another in order to create mechanical and biochemical gradients in the scaffold 9,318. For 
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example, offset electrospinning was used to create a mechanical and biochemical gradient 
across the length of the scaffold by transitioning from an elastic polyurethane to a 
hydroxyapatite-containing polycaprolactone to mimic the ligament-bone interface 9. 
Scanning electron microscopy indicated local mineralization in the bone-like region and 
a continuous gradient in tensile modulus was seen across the length of the mesh. In 
contrast to mixing two different fiber populations to achieve gradient properties, 
Sundararaghavan et al. reported a co-flow fluidic set up that blends two polymer solutions 
while altering the ratio of flow rates to generate a compositional gradient over time 14. 
This macromolecular gradient methodology was used to fabricate both mechanical and 
cellular adhesive gradients across the depth of an electrospun mesh. Further efforts to 
produce gradients in electrospun fibers have focused on post-processing steps such as 
immersing an electrospun mesh into a solution and generating a gradient of surface 
modification based on capillary action or exposure time 319-321. This method has been used 
widely to fabricate scaffolds with gradients in mineral content and biological cues post 
electrospinning 319,320.  
Although these gradient electrospinning methods have demonstrated strong 
potential in interfacial tissue engineering, there are limitations with each technique. 
Notably, the lack of alignment that mimics the native enthesis organization. Fiber 
alignment increases stiffness and strength of the scaffold and can also facilitate cellular 
alignment and organized tissue development. Furthermore, several recent studies indicate 
that when compared with randomly oriented fibers, aligned nanofibers can enhance 
tenogenesis and collagen production in cultured cells 170. A scaffold that promotes aligned 
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tissue growth with gradient properties could potentially facilitate improved tissue 
integration and mechanical stabilization 318. Offset electrospinning typically utilizes a 
rotating mandrel with a gradient of fiber population collected along the axis of the 
mandrel. Although increased rotational speed can be used to facilitate fiber alignment, the 
fibers would display circumferential alignment that is perpendicular to the direction of the 
gradient, unlike the organization of the native enthesis 322. Electrospinning with in-line 
blending permits fine control of the macromolecular gradient that is not restricted by 
spatial separation of the spinnerets; however, collection on either a flat plate or a rotating 
mandrel generates a gradient across the thickness rather than a longitudinal gradient 14. 
This setup also precludes the generation of aligned fibers in the direction of the gradient.  
Our laboratory has developed a method to fabricate electrospun scaffolds to 
address this unmet need by combining the in-line blending process with air-gap 
electrospinning and a rotational collector, Figure 5.1 322,323. Briefly, the co-flow fluidics 
set up blends two polymer solutions with the ratio of flow rates changing over a set period 
to transition from one polymer to the other. A custom designed collector was fabricated 
that utilized a large wheel with parallel copper wires to facilitate fiber alignment via air-
gap electrospinning 323-325. The wheel slowly rotated during collection at a rate that was 
synced to the rate of electrospinning such that the mesh thickness was maintained constant. 
Many reports have indicated that air-gap electrospinning is limited by thickness as the 
outer layers begin to collect in a random manner due to charge buildup within the fibers 
324. In order to address this, a rubber insulating mask was utilized to promote alignment 
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throughout the thickness of the electrospun scaffold 326. This unique setup provides the 
means to generate gradient fiber scaffolds with alignment that mimics the native enthesis.  
The aim of this study was to evaluate this combination of in-line blending and air-
gap electrospinning as a means to fabricate macromolecular gradients in aligned 
electrospun scaffolds. Biodegradable polyurethane ureas (BPURs) with high and low hard 
segment content were synthesized with a range of tensile properties. In-line blending of 
two BPUR compositions with synced collector rotation was then used to generate a 
longitudinal, macromolecular gradient with and without fiber alignment. The 
macromolecular gradients of the electrospinning solution and the resulting mesh were 
characterized using a fluorescent additive. Scanning electron microscopy was used to 
characterize fiber alignment and mesenchymal stem cell culture was performed to 
determine the effect on cellular orientation. Mechanical characterization of the electrospun 
meshes was performed to assess tensile properties and was further complemented with 
finite element modeling (FEM). The FEM was used to illustrate the gradient mechanical 
properties and to lay the foundation for future computational development work. Overall, 
these studies were used to assess the effect of macromolecular gradients and fiber 
alignment on scaffold mechanical properties and demonstrate the potential of this 




Figure 5.1 Schematic of electrospinning set up 
 
 
5.2 Materials and Methods 
All chemicals were purchased from Sigma-Aldrich (St. Louis, MO) and used as 
received unless otherwise indicated  
5.2.1 Biodegradable poly(ether ester urethane urea) Synthesis 
Biodegradable poly(ether ester urethane) ureas (BPURs) were synthesized as 
described previously, Figure 5.2. Prior to synthesis, reagents were dried to remove 
residual water to prevent possible side reactions with isocyanate moieties. Poly(ethylene 
glycol) (PEG, MW 400 Da) and  poly(ε-caprolactone) (PCL, MW 530 Da) were dried 
under vacuum for 48 hours and N,N-dimethylformamide (DMF) was dried over molecular 
sieves. 
Poly(ethylene glycol) diisocyanate (PEG-DI) was synthesized in bulk by adding 
PEG diol (0.02 mol) dropwise (~1 drop per 10 seconds) to a three-neck round bottom flask 
charged with hexamethylene diisocyanate (HDI, 0.06 mol) and purged with nitrogen. The 
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reaction was allowed to proceed at 75 °C for 5 hours with continuous stirring. Completion 
of the reaction was confirmed using Fourier transform infrared spectroscopy (FTIR) by 
the disappearance of the hydroxyl peak at 3515 cm-1. The PEG-DI was then washed three 
times with hexane (30 mL per 10 g of product) to remove unreacted HDI. The final product 
was placed under high vacuum overnight prior to use in the triblock synthesis. 
A poly(ether ester) triblock (PCL-PEG-PCL) was synthesized by reacting PEG-DI 
(0.027 mol) with PCL (0.055 mol) in bulk with 0.1 wt% stannous octoate. The PCL diol 
with stannous octoate was added dropwise to PEG-DI under a nitrogen blanket. 
Polymerization was carried out at 80 °C for 7 hours with continuous stirring. Completion 
of the reaction was confirmed using FTIR by the disappearance of the isocyanate peak at 
2270 cm-1. The triblock was then washed three times with diethyl ether (30 mL per 10 g 
of product) to remove unreacted PCL. The final product was placed under high vacuum 
for use in the subsequent polyurethane urea synthesis. 
Finally, two BPUR with high (50%) and low (10%) hard segment content were 
synthesized under a dry nitrogen atmosphere using a two-step reaction. In the first step, a 
10 wt% solution of excess HDI in DMF was continuously stirred via overhead stirrer while 
a 10 wt% solution of the triblock diol in DMF containing 0.1 wt% stannous octoate was 
added dropwise. The mixture was allowed to react at 85 °C until no change in the hydroxyl 
stretch was observed via FTIR (~7 hours). The prepolymer solution was then cooled to 
room temperature. A solution of the ethylene diamine (ED) chain extender in DMF was 
then added dropwise while stirring for chain extension (triblock diol:HDI:ED 1:2:1 and 
1:9:8 molar ratios for 10HS and 50HS, respectively). The reaction was continued at room 
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temperature for 1 hour, resulting in a poly(ether ester urethane)urea (BPUR). The 
completion of the reaction was confirmed using FTIR by the disappearance of the 
isocyanate peak at 2270 cm-1. The polymer product was then precipitated in distilled water 
and dried under vacuum in ambient conditions for 48 hours. 
Figure 5.2 Synthesis scheme of poly(ether ester urethane) urea 
5.2.2 Electrospinning of Gradient Meshes 
Solutions of BPUR in 1,1,1,3,3,3-Hexafluoro-2-propanol (HFIP) were used for 
electrospinning. Concentrations were adjusted to achieve similar viscosity for spinning, 
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14 wt% for BPUR 10HS and 12 wt% for BPUR 50HS. Gradient solutions were generated 
using a modified setup reported by Sundararaghavan et al14. Two syringe pumps were 
connected in parallel through a y-connector and a mixing head (3.1 mm ID x 53.5 mm 
length, Nordson EFD). The flow rate of solution 1 (BPUR 10HS) ranged from 0.3 to 0 
mL/hr (decreasing 0.06 mL/hr each hour), while the flow rate of solution 2 (BPUR 50HS) 
ranged from 0 to 0.3 mL/hr (increasing 0.06 mL/hr each hour). Thus, the first fibers 
electrospun are primarily solution 1 and the final fibers collected are primarily solution 2. 
The mixing head was then connected to a 21G needle where a positive voltage of 7.0 kV 
was applied. A negatively charged collector (-8.0 kV) was then placed 20 cm away. For 
random gradient meshes, an aluminum wheel was used as the collector and programmed 
to rotate 90 degrees over six hours. To fabricate aligned gradient meshes, the collector 
consisted of a wheel with 8 parallel copper wires that rotated at the same rate (see 
schematic in Figure 5.1). A rubber insulating mask with a 10 cm x 4 cm hole was attached 
around the copper wires to promote alignment326. All of the electrospinning runs were 
performed at ambient conditions (20°C, 45-55% relative humidity). The fabricated meshes 
were vacuum dried for a minimum of 12 hours prior to characterization. To produce 
biochemical gradients, hydroxyapatite (<200 nm) (HA) was added at 1 wt% to the BPUR 
50HS solution. Inclusion of HA was confirmed using attenuated total reflectance Fourier 
transform infrared spectroscopy (ATR-FTIR) by the appearance of the phosphate peak at 
1040 cm-1. The topographical gradient was achieved by adding perpendicular copper wires 
along the length of the collector. 
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5.2.3 Gradient Verification 
Gradient formation was verified from the solution and the resulting mesh. First, 
the formation of a gradient in the electrospinning solution was verified by adding 
rhodamine B to solution 2 (BPUR 50HS solution) with the solution collected every hour 
for 6 hours (n=3). A change in fluorescence was measured with a plate reader (Spectramax 
M5, Molecular Devices). Next, gradient formation in the electrospun scaffold was also 
verified by measuring the fluorescence of the resultant scaffold as a function of position 
(n=3). Rhodamine B was again added to solution 2 (BPUR 50HS) and the electrospun 
mesh was sectioned into 12 regions (8 mm each). Specimens with 8 mm diameter were 
cut from each region (n=3) and subsequently dissolved at 12 wt% in HFIP. The 
fluorescence of each solution was then measured using a plate reader as described above.  
5.2.4 Electrospun Fiber Characterization 
The fiber morphology was characterized using scanning electron microscopy 
(SEM; Phenom Pro, NanoScience Instruments, Phoenix, AZ) at 10 kV accelerating 
voltage. Specimens were cut from the center of each fiber mesh (8 mm diameter, n = 6) to 
avoid edge effects. Prior to imaging, the specimens were coated with 4 nm of gold using 
a sputter coater (Sputter Coater 108, Cressingtion Scientific Instruments, Hertfordshire, 
UK). The Directionality ImageJ plugin was employed for quantification of fiber alignment 
from SEM images of fiber meshes (n = 6). The orientation of fibers was determined by 
identifying its major axis with respect to the horizontal axis through fast Fourier transform 
analysis. Briefly, the program computed the Fourier power spectra for each SEM with 
square masks, which was then used to calculate angle by applying spatial filters. The 
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analysis of each image yielded a distribution of fiber orientations, ranging from -90 to 90, 
where 0 was defined as the vertical direction. 
5.2.5 Cell Culture 
Bone marrow-derived human mesenchymal stem cells (hMSCs) were obtained as 
Passage 1 in a cryovial from the Center for the Preparation and Distribution of Adult Stem 
Cells. Cells were cultured to 80% confluency in growth media containing 16.5% fetal 
bovine serum (FBS, Atlanta Biologicals), 1% L-glutamine (Life Technologies), and 
Minimum Essential Media α (MEM α, Life Technologies) and utilized at Passages 3. 
Specimens were sterilized under ultraviolet light for 15 minutes on each side and 
incubated overnight in PBS containing 40% FBS. Scaffolds were seeded with hMSCs at 
a density of 10,000 cells/cm2 in growth media supplemented with 1 vol% penicillin-
streptomycin. After 72 h, hMSCs were fixed using 3.7% glutaraldehyde and stained with 
rhodamine phalloidin (F-actin/cytoplasm, Life Technologies) and SYBRGreen 
(DNA/nucleus, Life Technologies). Images were then obtained through raster patterning 
of 4 specimens using a confocal microscope (Nikon Eclipse TE2000-S). The 
Directionality ImageJ plugin was used for quantification of cell alignment on the meshes 
(n = 6). Maximum intensity z-projections of phalloidin stained samples were analyzed 
using the Fourier components method of the Directionality plugin. Results were averaged 
in 2 degree bins from -90 to +90 degrees, with frequency defined as the percentage of F-
actin filaments aligned in the given direction. 
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5.2.6 Tensile Testing 
Uniaxial tensile testing was used to investigate the degree of anisotropy in both the 
aligned and random gradient meshes. Meshes were sectioned into three regions: BPUR 
10HS region, transition region, and BPUR 50HS region. Dogbone specimens (n = 6) were 
then cut in accordance with ASTM D1708 in directions both parallel and perpendicular to 
length of the mesh (the primary direction of alignment in aligned meshes). Specimens 
were strained to failure at a rate of 100% per min based on the initial grip-to-grip distance 
using an Instron 3345 uniaxial tensile tester equipped with a 100 N load cell and pneumatic 
side action grips (Instron 2712-019). The Young’s modulus, tensile strength, and ultimate 
elongation were calculated from the resultant engineering stress/strain curves. A secant 
modulus at 2% strain was calculated for the Young’s modulus and subsequently referred 
to as “modulus.” 
Additional tensile studies were conducted to identify the stiffness gradient across 
the entire length of the gradient meshes. Specimens of each mesh type were cut into a 
dogbone shape with a gage length of 3.00 inches and a width of 0.55 inches. Each 
specimen was loaded into a custom load frame with custom grips and controller. Uniaxial 
tensile tests with constant displacement rate were performed at a nominal stretch rate of 
2.5% per min (note that due to the stiffness gradient, each region of the mesh was exposed 
to a different stretch rate). A low stretch rate was used in order to reduce the viscoelastic 
effects and measure the rubbery plateau; however, some viscoelastic effects were still 
present as indicated by an observed relaxation in the load at the termination of the 
stretching.  
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In order to measure the spatial variation in mesh properties, a grid of optical 
markers was drawn on the electrospun mesh prior to testing. A digital video camera with 
a resolution of 2048 x 2048 pixels, a low distortion lens, and custom software employing 
blob detection and tracking were used to measure the positions of the grid of markers over 
the course of the experiment. Using the marker positions, a 2D deformation gradient was 
calculated using a least squares method. From this deformation gradient, a logarithmic 
strain was computed, as well as a Cauchy stress for each row of points on the meshes. 
Stiffness was determined by a linear regression of the relationship between the relevant 
component of the Cauchy stress and the logarithmic strain. 
The relevant component of the Cauchy stress is equal to the load at time t, divided 
by the width at time t and varies along the length of the sample: 
𝜎𝑥𝑥(𝑥) = 𝐹(𝑡)/𝑤(𝑡, 𝑥)
The corresponding component of the logarithmic strain is given by: 
𝜀 = ln 𝜆 , 𝑤ℎ𝑒𝑟𝑒 𝜆 =
𝑙(𝑡)
𝑙(𝑡 = 0)
5.2.7 Alizarin Red Staining 
Alizarin red binds to calcium ions and was utilized to visually determine the 
incorporation of calcium phosphate within the biochemical gradient scaffold. Biochemical 
gradient scaffolds were section into two regions: BPUR 10HS region and BPUR 50HS 
region. Specimens were incubated for 5 minutes in 2 w/v% alizarin red in distilled water 
solution, pH 4.1-4.3. Stained specimen (n=1) were washed with distilled water 5X to 
remove any unreacted dye. Digital microgrpahs were obtained. 
119 
5.2.8 Mineralization Evaluation 
Biochemical gradient scaffolds were sectioned into 3 regions to evaluate 
mineralization: BPUR 10HS region, transition region, and BPUR 50HS region. Dogbone 
specimens (n = 3) were then cut in accordance with ASTM D1708 in order to permit 
tensile testing as described above. Dogbone samples were incubated in 10 mL of 5X SBF 
at 37°C for 5 hours. SBF was prepared as detailed by Cai et al.327 Specimens were then 
removed from the 5X SBF solutions and washed carefully with deionized water 3 times 
followed by lyophilization prior to further characterization. 
5.2.10 Statistical Analysis 
The data are displayed as mean ± standard deviation for all measurements with the 
exception of cell adhesion, which is presented as mean ± standard error of the mean. A 
Student’s t-test was performed to determine any statistically significant differences 
between compositions. All tests were carried out at a 95% confidence interval (p<0.05). 
5.3 Results 
5.3.1 Characterization of Macromolecular Gradient Formation 
A macromolecular gradient was formed between the two polyurethane solutions 
using an in-line blending method previously described 14. In the present work, the flow 
rate of the BPUR 10HS solution was decreased from 0.3 mL/hr to 0 mL/hr, while the flow 
rate of the BPUR 50HS solution was increased from 0 mL/hr to 0.3 mL/hr such that the 
combined flow rate was constant at 0.3 mL/hr over the course of six hours (Figure 5.3A). 
In-line blending of the two solutions was confirmed by adding a fluorescent dye to the 
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BPUR 50HS solution and collecting the electrospinning solution immediately upon 
ejection from the spinneret. A direct increase in fluorescence of the solution was observed 
over time, Figure 5.3B, indicating a continuous transition from the BPUR 10HS solution 
to the BPUR 50HS solution. Fabrication of the electrospun mesh with a longitudinal 
macromolecular gradient was enabled using a custom wheel collector that rotated at a rate 
complementary to the rate of electrospinning (90 degree rotation over 6 hrs) such that the 
thickness of the scaffold was maintained at ~0.2 mm. This resulted in fiber collection of 
solution 1 at the top of the scaffold (mesh thickness = 0.11 ± 0.02 mm) and a transition to 
fiber collection from solution 2 at the bottom of the scaffold (mesh thickness = 0.14 ± 0.02 
mm), Figure 5.3C. The mesh was sectioned into 12 longitudinal regions and the 
fluorescence measured as a function of position along the mesh to characterize the 
compositional gradient. The observed increase in fluorescence across the length of the 
scaffold confirmed a gradual transition from the BPUR 10HS and the BPUR 50HS, Figure 
5.3D. As expected, the change in solution fluorescent correlated well with the 
compositional gradient of the electrospun mesh.  
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Figure 5.3 A) Change in pump flow rate with time for BPUR 10 and BPUR 50 
solutions. B) Fluorescence of electrospinning solution at each hour (BPUR 50 solution 
contained fluorescent dye. C) BPUR 50 solution contained rhodamine to visualize 
gradient formation in electrospun scaffolds.  D) Fluorescence intensity as a function of 
position along the length of the electrospun scaffold. 
5.3.2 Characterization of Fiber Alignment Using Air-Gap Electrospinning 
Random and aligned gradient meshes were sectioned into three regions: BPUR 
10HS, transition, and BPUR 50HS for fiber morphology and alignment quantification. 
Both random and aligned gradient meshes demonstrated uniform fibers with similar fiber 
diameters of 0.50 ± 0.07 µm and 0.45 ± 0.04 µm, respectively. Fiber diameter was 
unchanged across the three regions for both the aligned and random gradient meshes, 
Figure 5.4A. Analysis of Fourier Transform components of the random gradient meshes 
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using ImageJ software (Directional plugin) displayed no angle preferences, Figure 5.4B. 
In contrast, aligned gradient meshes displayed significant alignment in the direction of the 
gradient across all three regions. 
Figure 5.4 A) SEMs of each region in random and aligned gradient electrospun 
scaffolds. B) Corollary histogram of fiber angle for each region in random and aligned 
gradient electrospun scaffolds. 
5.3.3 Cell Alignment on Gradient Meshes  
Aligned and random meshes were sectioned into three regions to determine the 
effect of gradient composition and fiber alignment on cell attachment and alignment. The 
hMSCs cultured on mesh specimens were fixed and stained with rhodamine phalloidin 
and SYBRGreen after 72 h, Figure 5.5A. There were no observed differences in cellular 
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adhesion in the different regions of the mesh or between the two mesh types, indicating 
that neither the compositional gradient nor fiber alignment influenced cell attachment 
(Figure 5.6). Cellular alignment was assessed by measuring the directionality of F-actin 
fibers using the ImageJ directionality plug in. Histograms of the actin angle displayed no 
preferential direction on random meshes, whereas a significant peak was evident on the 
aligned meshes, Figure 5.5B. The cell orientation in the aligned meshes matched the angle 
of fiber alignment (0 degrees). This indicates that the aligned fiber morphology was able 
to induce cellular alignment in static culture. The three regions of the aligned meshes 
displayed similar cellular alignment indicating that the induced cellular alignment was 
independent of fiber composition. 
Figure 5.5 A) Mesenchymal cells seeded upon random and aligned electrospun 
scaffolds. Scale bar = 100 µm B) Corollary histograms of hMSC actin directionality 
upon random and aligned electrospun scaffolds. C) Corollary histograms of hMSC 
nucleus directionality upon random and aligned electrospun scaffolds 
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Figure 5.6 Quantification of human mesenchymal stem cell adhesion on each region of 
serum soaked random and aligned gradient electrospun scaffolds. 
5.3.4 Tensile Gradient Characterization 
Similarly, tensile testing was performed on specimens sectioned from each region 
of random and aligned gradient meshes to determine the effect of the compositional 
gradient on mechanical properties. As expected, both aligned and random gradient meshes 
displayed marked differences in tensile properties between the different regions. The 
BPUR 10HS region had the lowest modulus (Figure 5.7A) and highest ultimate 
elongation (Figure 5.7B) and the BPUR 50HS region had the highest modulus and lowest 
ultimate elongation. As expected, the transition region had intermediate properties 328,329. 
These trends were observed for both random and aligned fiber meshes. Fiber diameters 
were comparable between the three regions; therefore, differences in tensile properties 
were attributed to the compositional changes in the fibers along the length of the mesh. 
To characterize the effect of fiber alignment on mesh anisotropy, specimens were 
cut from aligned and random meshes in directions both parallel and perpendicular to 
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length of the mesh. Aligned meshes displayed significant anisotropy with respect to 
modulus and tensile strength, whereas random meshes were approximately isotropic in 
behavior. Aligned meshes displayed significantly higher modulus and tensile strength 
along the axis of fiber alignment as compared to the perpendicular axis in all 3 gradient 
regions (p<0.05). In contrast, there was no significant difference in axial versus transverse 
tensile properties of the random meshes. No difference in ultimate elongation with respect 
to testing direction was observed, as has previously been reported in similar studies 82. 
Aligned meshes also consistently displayed a higher modulus when tested parallel to fiber 
alignment than the corresponding random region (p<0.05); whereas, tensile strength and 
ultimate elongation were relatively unchanged by fiber alignment. The aligned meshes 
also displayed lower modulus and tensile strength in the transverse direction as compared 
to the random meshes. 
126 
Figure 5.7 Comparison of uniaxial tensile A) elastic modulus B) elongation and C) 
ultimate tensile strength of each region on random and aligned gradient scaffolds 
* indicate statistically significant differences between regional properties p<0.05.
^ indicate statistically significant differences between properties tested parallel or 
perpendicular to alignment p<0.05.  
A, B, C indicate statistically significant differences between respective samples.  
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Figure 5.8 Stress-strain curves of each region of (A) random and (B) aligned gradient 
scaffolds. Inset depicts magnification 2% strain region. 
5.3.5 Stiffness Gradient Characterization and Finite Element Modeling 
Both the random and aligned gradient meshes exhibited a substantial stiffness 
gradient, Figure 5.9. The aligned gradient mesh exhibited stiffness ranging from 0.19 
N/mm to 2.39 N/mm across its length and the random gradient mesh had stiffness ranging 
from 0.28 N/mm to 2.13 N/mm. Note that given that the stretch rates for the ‘whole mesh’ 
tensile testing (2.5%/min) were substantially different than the ‘regional’ tensile testing 
(100%/min), in addition to the fact that whole mesh testing measured 2d plane stress, the 
results of these experiments cannot be directly compared. 
The results of the inverse finite element analysis (iFEA) were utilized to build a 
finite element (FE) model wherein the measured nodal positions at each end of the sample 
were applied as displacement boundary conditions to a mesh created from the initial 
position of the optical markers. Figure 5.10A shows the computed strain in the finite 
element model. To compare these results to the experimental data, the positions of the 
128 
mesh nodes in the last time point from both the experiment and the FE model were plotted, 
Figure 5.10B. The mesh nodes from the FE model correspond well with the experimental 
data in the direction of primary stretch, suggesting that the FE model is producing an 
accurate representation of the material behavior along the axis of loading. Poisson’s effect 
was not incorporated into the current FE model, i.e. there was no effort to predict changes 
in the width of the mesh under tensile loading conditions at this time. 
Figure 5.9 The stiffness measured and mapped onto the image of the grid for the 
random and aligned electrospun scaffolds measured in N/m. 
129 
Figure 5.10 A) The final timepoint of the FEA model for the random mesh and the 
aligned mesh. The color represents the strain in the y (horizontal). B) Comparison of the 
FEA output to the experimental measurements for random mesh and the aligned mesh. 
The black lines represent the mesh in the experiment, while the greed dots represent the 
positions produced by the FEA model. 
5.3.6 Biochemical Gradient Characterization 
HA was added to BPUR 50 solutions as a model factor to assess the potential to 
produce biochemical continuous gradients. In-line blending permitted the fabrication of 
biochemical gradients through simple addition to the electrospinning solution. Alizaren 
red staining of calcium ions of BPUR 50 + HA regions illustrated the presence of HA 
nanoparticles at the surface by the positive red stain as seen in Figure 5.11A. The BPUR 
10 region, which was hypothesized to have little to no HA content, resulted in no staining 
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as evidenced in Figure 5.11A. Surface chemistry analysis through ATR-FTIR further 
confirmed the presence of a continuous gradient across the length of the mesh as indicated 
by the increasing phosphate peak at 1040 cm-1 as the sample transitions from the BPUR 
10 region to the BPUR 50 + HA region, Figure 5.11B. To evaluate the functionality of 
this biochemical gradient, mineralization of the grafts was performed through soaking in 
saturated simulated body fluid. As depicted in Figure 5.12A, fibers within the BPUR 50 
+ HA region displayed signicant mineralization upon soaking, while no mineralization 
was seen in the BPUR 10 region, and an intermediate amount of mineralization was 
observed in the transition region. The corollary effect of this mineralization was observed 
in tensile properties. Mineralization of the BPUR 50 + HA region resulted in a significant 
increase in the modulus of the region, while no effect was observed in the BPUR 10 region, 
and a slight increase was seen in the transition region. 
Figure 5.11 A) Alizarin red staining of BPUR 10 and BPUR 50 + HA regions B) ATR-
FITR spectra along length of biochemical gradient scaffold. 
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Figure 5.12 A) SEM micrographs of each region of biochemical gradient scaffolds pre- 
and post-soak in 5X SBF. B) Effect of mineralization of tensile modulus of each region. 
5.3.7 Topographical Gradient Characterization 
A proof-of-concept topographical gradient was fabricated by adding perpendicular 
copper wires to disrupt the aligned electric field, as depicted in Figure 5.13A. 
Topographical gradient meshes were then sectioned into three regions: aligned, transition, 
and random regions for fiber morphology evaluation and alignment quantification. SEM 
micrographs indicated an evident gradient in alignment which was supported by Fourier 
transform analysis. The random region displayed no angle preference, as evidenced by the 
flat histogram in Figure 5.13C. The aligned region showed marked alignment in the 
direction of the gradient with a sharp peak near 100°. An intermediate degree of alignment 
was observed in the transition region with a broader peak centered at 100°. 
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Figure 5.13 A) Schematic of collector utilized to produce topographical graident B) 
SEMs of each region across the topographical gradient C) Corollary histogram of fiber 
angle for each region across the topographical gradient 
5.4 Discussion 
As discussed above, the most commonly reported technique for producing 
gradients in electrospun scaffolds is the use of offset electrospinning; however, this 
technique precludes axial fiber alignment and variable thickness between the regions has 
been reported 318. The unique combination of methods used in this electrospinning setup 
generated macromolecular gradient meshes of uniform thickness with fiber alignment in 
the direction of the gradient. The generation of a continuous gradient through polymer 
blending rather than fiber population mixing enables a greater range of mechanical 
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property variation and finer control over the gradient distribution. In addition to permitting 
a continuous gradient in polymer content, the technique presented here can also be utilized 
to produce spatial biochemical or bioactive gradients in the direction of alignment through 
inclusion of the additive (e.g. hydroxyapatite, RGD) into the polymer solution. 
5.4.1 Effect of Fiber Alignment 
One of the key features of this new electrospinning method is the demonstrated 
ability to generate fiber alignment in the direction of the gradient. Fiber alignment has 
been known to greatly influence cellular behavior, primarily cellular orientation and 
resulting ECM production 168. We demonstrated that cells cultured upon the aligned fibers 
display significant orientation in the direction of fiber alignment. As cellular alignment 
has been shown to influence organized extracellular matrix production, scaffolds with 
aligned fibers have been widely studied for tendon and muscle tissue engineering 82,169. 
Lee et al. evaluated extracellular matrix production of human ligament fibroblasts cultured 
on both aligned and random nanofibers in static conditions. A significant increase in 
collagen production, a major mechanical and biochemical contributor to tendon and 
ligament tissues, was exhibited by cells cultured on aligned fibers when compared to 
random fibers 168. In addition, several studies have reported that aligned fibers promote 
cellular differentiation and maturation towards both muscle and tendon lineages 82,169,170.  
Therefore, we believe that the scaffolds fabricated in this study show promise as scaffolds 
for interfacial tissue engineering. In particular, muscle-tendon junction or tendon-bone 
interfacial scaffolds would benefit from aligned fibers that can provide appropriate cues 
to cells through contact guidance 171. 
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In addition to directly influencing cellular behavior, fiber alignment imparts 
anisotropic mechanical behavior that mimics the anisotropy of native tendon, Figure 5.7. 
Although there is a corollary decrease of mechanical properties in the transverse direction, 
tendon loading occurs in the axial direction along the length of fiber alignment, which 
displays an increase in mechanical properties upon fiber alignment. Several studies have 
investigated the impact of tensile loading of aligned scaffolds on cellular behavior 12,168,330. 
Notably, cells cultured on aligned meshes under cyclic uniaxial strain displayed 3 times 
more collagen production than cells cultured on random meshes. This suggests that 
mechanical stimulation of extracellular matrix production was dependent on the 
organization of the cytoskeleton, which was dictated by the aligned nanofibers 168. 
Therefore, fiber alignment of these electrospun meshes provides an additional means to 
guide cellular behavior under tensile loading and indicates that these grafts warrant further 
investigation for interfacial tissue regeneration.  
5.4.2 Effect of Stiffness Upon Cellular Behavior 
Substrate stiffness also plays an important role in cell fate. A spatial gradient in 
stiffness was observed across the scaffold and was further enhanced with fiber alignment, 
Figure 5.9. The gradients observed in this study were relatively large; the stiffness 
measured across the samples typically varied by nearly an order of magnitude. The 
techniques used to create the gradients in stiffness in these materials can be tuned to 
produce gradients of different orientations and magnitudes. This could be vital to 
providing the appropriate mechanical cues for a given tissue engineering application. 
Many studies have indicated that the stiffness of cellular substrates can dictate cellular 
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differentiation 317,319,331. Reports by Tse et al. indicated that mesenchymal stem cells could 
differentiate into different lineages depending on substrate stiffness 332. Likely more 
relevant for the selected substrate stiffness range, the gradient in stiffness resulted in a 
gradient of local strain of the scaffold upon stretching, Figure 5.10. Tensile stimulus 
produced by a bioreactor utilizing this stiffness gradient material could exploit the spatial 
differences in stiffness to produce a cyclical strain gradient. Strain of matrices in which 
cells are growing has been shown to direct cellular differentiation 314,333,334. Therefore, the 
strain gradient produced by a bioreactor can be tuned to produce complex gradients of cell 
type and tissue properties.  
In order to utilize this unique strain gradient for spatial control over cell fate, tools 
are needed that can identify bioreactor stretch ratios that induce appropriate strains in the 
regions of interest. To this end, finite element modeling was utilized to illustrate the 
gradient mechanical properties and lay the foundation for future computational 
development work, with particular focus on predicting local strains across the mesh at a 
given stretch ratio. The stiffness measured from the iFEA roughly agreed with the results 
from the optical measurements, with exceptions duly noted. These exceptions may be 
attributed in part to the fact that in the optical method, each grid square was analyzed 
separately, whereas in the iFEA, each pair of side by side grid squares were required to 
have the same properties. When the results were used to create an FE model (Figure 
5.10A), discrepancies between the predictions of the FE model and experimental model 
were noted (Figure 5.10B). This was expected, since the neo-Hookean model (a model 
with only a modulus and Poisson’s ratio) is too simple to accurately describe the behavior 
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of this material in most cases, even disregarding viscoelastic effects. Despite this 
limitation, the experimental results for the random mesh are reasonably close to those 
produced by the FE model; thus, there is utility in employing such a model. Conversely, 
the aligned mesh exhibited significant error in the prediction of scaffold deformation, 
which is at least partially a result of the anisotropy. Anisotropic behavior cannot be 
accurately described by a single modulus and requires moduli in each material direction. 
From a pure mechanics perspective, these materials are non-linear, anisotropic, 
viscoelastic, and undergo large deformations. A complete mechanical characterization of 
these properties is beyond the scope of this work. The tensile stiffness and strength 
measures presented constitute a basic description of the mechanical behavior that is 
designed to facilitate an intuitive comparison with existing materials. Future work will 
address this limitation, potentially by using non-linear fiber splay model. The present 
computational model was conceived to provide a first approximation and proof-of-
concept. The model is adaptable and will be updated to incorporate more accurate material 
models in future work. 
5.4.3 Biochemical Gradient Potential 
Initial studies were conducted to provide preliminary data for subsequent research 
as an interfacial graft. The co-flow gradient fabrication technique enables the fabrication 
of scaffolds with not only mechanical gradients, but also biochemical gradients. A 
continuous gradient of hydroxyapatite was fabricated to evaluate regional mineralization 
that mimics the tendon-bone interface 9,319,335. A continuous increase of hydroxyapatite 
inclusion was observed through ATR-FTIR across the length of the mesh and 
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mineralization was only observed in BPUR 50 region. The production of this continuous 
gradient in situ provides an additional technical advantage over traditional biochemical 
gradient electrospinning techniques. Most commonly, factors, such as HA, are applied as 
gradient coatings through post processing techniques such as soaking in a concentrated 
solution where the solution is added at a constant rate to linearly reduce the deposition 
time from the bottom up.319,320 The gradient in mineralization resulted in a further variation 
in the stiffness of the scaffold that could be utilized to better mimic the tendon-bone 
interface. This controlled gradation in mineral content could help facilitate integration at 
the bone attachment site, in addition to reducing the amount of stress of at the interface by 
providing effect transfer of load from tendon to bone.320 Although this study only 
investigated biochemical gradients involving HA, other gradients, including RGD or 
growth factors, could be easily applied using the current method.  
5.4.4 Gradient in Fiber Orientation  
Lastly, the developed method was modified to enable a topographical gradient 
across the length of the mesh. In order to directly mimic the tendon to bone interface, 
cellular organization would need to gradually transition from aligned within the tendon 
region, to random within the bone region.310,323 As described above, and as supported by 
literature, fiber topography directly influences cellular organization through contact 
guidance. By slowly adding perpendicular copper wires to increasingly disrupt the electric 
field, the modified method was able to produce a highly controlled gradient in fiber 
organization, as displayed in Figure 5.13B. Fourier transform analysis indicated a 
corollary decrease in alignment across the length of the scaffold. Previous methods have 
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been evaluated to fabricate “aligned to random” scaffolds, however no method allows for 
a steady, controlled progression between the two regions.323 Moreover, each report has 
indicated a distinct transition between the aligned and random areas. The method 
described in Figure 5.13A provides a facile technique to directly control the degree of 
transition between the areas.  
Overall, this study demonstrated a versatile method to produce electrospun meshes 
with gradient properties in the direction of fiber alignment. These unique scaffolds have 
the potential to enable a synergistic effect between gradient properties and fiber alignment 
to permit spatial control over cellular differentiation. There are many opportunities for 
future research directions as an interfacial graft model. The co-flow gradient fabrication 
technique enabled the fabrication of scaffolds with both mechanical and biochemical 
gradients. The hydroxyapatite gradient described here could enhance osteogenic 
differentiation of MSCs through regional mineralization that mimics the tendon-bone 
interface 9,319,335. Furthermore, mechanical stimulus could be used to then guide 
differentiation of MSCs towards tendon phenotypes in select areas of increased strain on 
graded meshes 99,336. Used in combination with the topographical gradient, these three 
approaches could be used to guide regional osteoblastic and fibroblastic differentiation of 
MSCs seeded on a single graft without the addition of growth factors. As a first step toward 
this goal, the current studies provide a broad, initial evaluation of the aligned, graded 
electrospun scaffolds and provide first approximation of the resulting strain gradient that 
can be used to design bioreactor studies for spatial control of cell fate. Moreover, upon 
further development of the FE model, a variety of material configurations can first be 
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investigated computationally to identify optimal formulations for production. This has the 
potential to improve the rationale for the design of both the interfacial graft and the 
bioreactors studies needed to guide spatial differentiation.  
 
5.5 Conclusions 
By combining multiple electrospinning strategies with a custom collector, we have 
developed an approach to create macromolecular gradient scaffolds with fiber alignment 
in the direction of the gradient. Cell culture studies were used to demonstrate that this fiber 
alignment induces cellular alignment in static culture as early as 72 h. Mechanical 
characterization verified the existence of a stiffness gradient, and computational tools are 
under development to aid in the use of these complex materials as interfacial tissue 
engineering scaffolds. Although this study investigated a compositional gradient, this 
method can be used to generate other gradients (biochemical or cell adhesive) for use in a 
wide range of tissue engineering applications. Overall, this technique provides enhanced 
control over the fabrication of heterogeneous scaffolds that better mimic the complexity 
of native tissue interfaces. The computational tools under development will facilitate the 
design of these complex materials and identify appropriate loading regimens for spatial 











This work describes several novel methods to produce tunable electrospun 
scaffolds for a range of tissue engineering applications. The electrospinning process is 
highly versatile, providing many methods to control fiber and mesh architecture. Solution 
properties, processing parameters, and environmental conditions can be altered to dictate 
fiber morphology, thereby providing tools to control mechanical properties, degradation 
rates, and cellular behavior. Furthermore, the collector can be modified to dictate fiber and 
mesh morphology on both a micro- and macro-scale. Cumulatively, this work aims to 
provide methods to utilize electrospinning as an enabling technology in order to push the 
field towards tunable, personalized scaffolds.  
The first portion of these studies were dedicated to developing methods to tune 
crosslinking of electrospun gelatin. A method for in situ crosslinking of electrospun 
gelatin was developed to improve fiber morphology and control degradation rates such 
that scaffold properties are predictable upon immersion in aqueous environments. The 
effect of crosslinking degree on mechanical properties, degradation rate, fiber morphology 
retention, and bioactivity was determined. Ultimately, this novel method had enhanced 
fiber retention over traditional vapor phase crosslinking and provided a method to directly 
control degradation rate while maintaining bioactivity.  
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This method to in situ crosslink electrospun gelatin was then utilized to produce a 
scaffold with selective bioactivity for application as an anastomosis wrap for intestinal 
procedures. In order to address the formation of adhesions and leakage at the anastomosis 
site, we developed a bilayer wrap that resisted cellular adhesion while promoting healing. 
The inner layer, which was directly facing the anastomotic wound, consisted of 
electrospun gelatin in order to promote cellular adhesion and proliferation, and ultimately, 
healing. The outer layer functioned as an adhesion barrier and was composed of a 
poly(ethylene glycol) based foam. Several compositions were fabricated in order to 
maximize handleability while resisting delamination and maintaining two distinct layers. 
The degradation rate of each layer was tuned such that selective bioactivity was retained 
over the desired 2 week period. The in vivo efficacy of the wraps to resist adhesion 
formation was evaluated and proved to have comparable results to the current clinical 
standard, Interceed. Current studies evaluating the efficacy to improve anastomotic wound 
healing are currently in progress. As this wrap formulation additionally contains a layer to 
promote cellular interactions, we expect that these studies will show improved healing 
over Interceed.  
The in situ crosslinking of electrospun gelatin method was next evaluated as a 
method to tune drug release. This in situ crosslinking method allowed for growth factors 
to be tethered to the electrospun gelatin, permitting a slow release rate that was dictated 
by degradation. With the goal of providing a wide range of release kinetics, another in situ 
crosslinking method, utilizing gelatin-methacrylate, was developed to allow for a faster 
release mechanism that was dictated by diffusion. Both methods were evaluated to 
 142 
 
demonstrate the tunability of both degradation rate and release kinetics. By in situ 
crosslinking these gelatin fibers, this enabled the collection of multiple fiber populations 
with variable degrees/methods of crosslinking within one mesh. These methods were 
utilized to fabricate a single mesh with independent control over the release kinetics of 
multiple growth factors.  
The final chapter of these studies focused on tuning the architecture and 
composition of electrospun meshes. A novel method was developed to fabricated aligned 
fibers in the direction of a polymer gradient in order to mimic native transitions. Gradient 
scaffolds were produced with both random and aligned fibers and the continuous stiffness 
and strain gradients were assessed in addition to control over cellular alignment. This 
method was then further modified to enable the production of both biochemical and 
topographical gradients, allowing for fibers to go from aligned to random with an increase 
in mineral content in a controlled, continuous manner. As this method is easily, adaptable, 
it provides a high degree of flexibility for the formation of continuous gradients within 
electrospun scaffolds.  These scaffolds have the potential to enable spatial control over 
cellular behaviors and can be evaluated for a wide range of interfacial tissue engineering 
applications.  
In summary, these studies define new approaches for fabricating electrospun 
scaffolds with tailored crosslinking, bioactivity, release kinetics, architecture, and 
biochemistry. The knowledge provided by this work facilitates rational design of future 




6.2 Significance of Work 
6.2.1 In situ Crosslinking for Improved Control Over Scaffold Properties 
 In Chapter 2, we developed a methodology for in situ crosslinking of gelatin fibers 
during electrospinning. Current commonly used strategies for crosslinking gelatin 
scaffolds have cytotoxicity concerns and/or have ineffective retention of fiber morphology 
after exposure to aqueous environments. Isocyanate crosslinkers have been shown to have 
lower toxicity levels than glutaraldehyde. The rapid reaction of isocyanates with the amine 
residues on gelatin allows for crosslinking of fibers during electrospinning rather than in 
a post processing technique. This procedure eliminates the swelling or partial dissolution 
of fibers due to immersion crosslinking and therefore provides greater control over fiber 
morphology. By crosslinking in the liquid phase, as opposed to vapor phase, this method 
permits homogeneous crosslinking and direct control over degradation rates and 
mechanical properties. Furthermore, this method determined an upper limit to gelatin 
crosslinking that prohibited RGD-mediated cellular adhesion due to limited access. This 
allowed us to identify a composition that maximized mechanical properties and 
degradation kinetic while maintaining bioactivity for future studies.  
6.2.2 Bi-functional Wrap for Improved Anastomotic Healing and Reduced Adhesion 
Formation 
In Chapter 3, bifunctional meshes were fabricated for use as an anastomosis wrap 
to treat both abdominal adhesions and anastomotic leakage. Each year, nearly 6 million 
people undergo intestinal surgery, of which a large proportion require resection or bypass 
of diseased areas including 250,000 colon resections, 200,000 bariatric procedures, and 
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thousands of small bowel resections.337 Among the most common complications 
associated with intestinal resection and anastomosis, anastomotic leakage and abdominal 
adhesion formations are of particular interest.338  Anastomotic leakage is perhaps of 
greatest concern due to its associated high morbidity and mortality. With this in mind, the 
frequency of reported anastomotic leakage, ranging from 3-21%, is alarmingly high.232,234 
While it has been estimated that case-fatality rates for anastomotic leakage range from 12 
to 35%, the associated health care costs for survivors is estimated to be nearly $4 billion 
annually.231,339,340 Although not as severe as anastomotic leakage, the incidence of 
abdominal adhesions is much more frequent occurring post-operatively in nearly 90% of 
patients receiving abdominal surgery.341 Abdominal adhesions also cause chronic pain and 
can result in small intestinal obstructions.342 Consequently, abdominal adhesions result in 
nearly 300,000 additional surgeries and an associated cost of nearly $1.3 billion.343 While 
several products exist to reduce the risk of abdominal adhesions, none simultaneously 
reduce the risk of anastomosis leakage. Given the high incidence of abdominal surgery 
and the clinical and financial toll of anastomotic leakage and abdominal adhesions, the 
development of a scaffold that can contribute to intestinal healing and reduce the 
occurrence of these complications would be highly significant. 
6.2.3 Multi-Factor Release System for Bone Allograft Revitalization   
While the development of a highly tunable release system can be used for a wide 
range of applications, the one developed in Chapter 4 will be targeted towards the 
formation of a persiosteum wrap to aid in bone grafting procedures. Traumatic injury 
resulting in critical-size bone defects is an on-going challenge for clinicians. Clinically, 
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over 1 million bone grafting procedures are performed in the United States annually.344 
Autografts can only be harvested in small volumes from non-load bearing regions of the 
skeleton, and also can cause donor site pain and morbidity.345 Allografts, on the other 
hand, are readily available and fill the need for large volumes for graft material.346 Despite 
several advantages, allografts exhibit minimal engraftment and a 60%, 10-year post-
implantation failure rate due to fibrotic nonunions (~17%), crack propagation resulting in 
secondary fracture (~35%), and infections (~8%).347-350 In contrast, autografts completely 
heal, orchestrated by the periosteum, a thin layer of tissue covering the outer surface of 
bone.351 Natural bone healing is facilitated by the periosteal membrane which is an 
essential source of stem cells, progenitor cells, and signaling molecules. Unfortunately, 
critical-sized defects are often associated with the loss of the periosteal membrane which 
impairs bone regeneration. Bone grafting procedures (eg. allografts) often fail to achieve 
the natural healing cascades stimulated by the periosteum, such as temporal delivery of 
multiple growth factors, with the result of delayed or insufficient regeneration. The 
development of a biomimetic periosteum that can deliver multiple growth factors with 
independent release kinetics could improve bone grafting procedures and aid in fracture 
healing. 
6.2.4 Interfacial Grafts that Mimic the Complexity of the Tendon-Bone Interface 
Finally, the novel method developed in Chapter 5 will enable the production of 
scaffolds with gradient properties in the direction of fiber alignment, which, to our 
knowledge, has not been established before. This can used to fabricate grafts for native 
transitions such as the tendon-bone interface. Anterior cruciate ligament (ACL) and rotator 
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cuff tears are two of the most frequent orthopedic injuries, with more than 100,000 and 
75,000, repair procedures performed annually in the US.305,352 The poor vascularization 
and complex anatomy of tendon and ligaments inhibits their ability to heal themselves, 
thereby requiring clinical intervention. Autologous hamstring tendon-based grafts are 
commonly used for ACL reconstruction and are fixed to the bone tunnel with a series of 
fixation screws. Rotator cuff repair requires a similar reattachment of the tendon to the 
shoulder head. Although these grafts and repair techniques are able to restore much of the 
joint function, the use of fixation screws does not allow for healing of the tendon-bone 
interface, thereby leading to failure and poor mechanical stability.305 Rotator cuff tears 
reoccur in 20-94% of patients, depending on the severity of the wound and age of the 
patient, while 50% of patients having ACL reconstructive surgery have complications 
within the first two years.353  Synthetic treatments, such as the Gore-Tex® graft and 
Dacron® ligament, also fail, often due to rupture at the bone insertion site.354 This 
insertion site, where tendon and ligaments connect to bone, consists of a fibrocartilage 
interface composed of a steady gradient of cell type and composition.305 Without this 
interface, the graft-bone junction is limited in both its regenerative capacity and 
mechanical stability. Fabrication of a tissue engineered tendon-bone interface with the 
appropriate gradient properties has the potential to improve the tendon and ligament 
grafting procedures, which represent a total cost of nearly 5 billion dollars annually.354 
Overall, we have developed several methods to produce tunable scaffolds for tissue 
engineering scaffolds. Tissue engineering scaffolds must possess the requisite properties 
to temporarily restore tissue function during the healing process. Tunable systems allow 
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for utility for regeneration of soft or hard tissues which require several different properties. 
Methods to tune bioactivity provide direct control over cellular behaviors, ranging from 
attachment to differentiation, through scaffold properties. Furthermore, methods to dictate 
independent release kinetics from a single scaffold enable the fabrication of scaffolds that 
can mimic the temporal microenvironment and can allow scaffolds to guide and direct 
specific cellular attachment. Lastly, the simultaneous control over gradients in 
mechanical, biochemical, and topographical properties allows for the fabrication of 
complex scaffolds with greater healing potential. This work provides a platform for future 
innovation within electrospinning with the potential to fabricate targeted scaffolds for 
various applications through rational design.   
 
6.3 Challenges and Future Work 
This work demonstrates the potential for electrospun scaffolds with enhanced 
complexity to better mimic native tissue with great function. However, extensive 
investigation remains before these grafts may be used in the clinical setting. The 
anastomosis wrap improves upon current adhesion barriers by also providing tools to 
enhance healing of the anastomotic site. This potential to enhance healing must be 
assessed in vivo with an intestinal anastomosis model. Tensile strength, burst pressure, 
histology, and immune response of the healed tissue will need to be evaluated. The effects 
of the oxidized dopamine layer also need to be fully characterized prior to further 
implantation. Current evaluation has indicated that the dopamine layer displays a loss of 
adhesiveness upon exposure to aqueous solutions. As the abdominal cavity will result in 
some composite swelling, this needs to be further evaluated. If a loss of tissue adhesion is 
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seen, the dopamine may be functionalized with a linker and crosslinked to the gelatin mesh 
layer in order to maintain its presence after soaking. Initial studies have indicated that 
dopamine can be functionalized with PEG(3.4k)DA enabling crosslinking to a gelatin-
methacrylate mesh (as detailed in chapter 4). Furthermore, a complete in vivo degradation 
study needs to be performed upon the components of the wrap. Based on the findings, this 
work provides the tools necessary to alter the composition such that it matches the desired 
degradation rate of 2-3 weeks. Future in vivo studies will also need to be conducted in a 
large animal model to assess efficacy.  
In situ crosslinking of gelatin fibers is a promising strategy to enable multi-factor 
delivery with independent release kinetics. More extensive studies are needed to evaluate 
the cytocompatibility of the degradation products of each modality. Currently, crosslinker 
ratios, and methacrylation ratios, are calculated based on the theoretical amount of primary 
amines available. Quantifying the actual amount of primary amines may improve 
crosslinking efficiency. Furthermore, release studies should be conducted using actual 
growth factors and ELISA kits rather than fluoresencelty tagged model proteins. While 
these model proteins provide initial characterization, we have found FITC-BSA to be 
relatively unstable. Long term bioactivity retention studies must also be conducted for 
each crosslinking modality. The co-electrospun meshes also need to be evaluated to 
determine the relative composition of each fiber population. Interaction between the two 
electrospinning jets may be causing a reduction in collection. Additional shields may be 
implemented to minimize this interaction. Finally, in vivo degradation studies of each 
modality need to be conducted as the current collagenase degradation does not have an in 
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vivo correlation. As degradation will affect the release kinetics of both modalities, this 
would be necessary to complete prior to any in vivo release studies.   
The electrospinning method developed in Chapter 5 to enable gradients in the 
direction of alignment shows great potential for tunable grafts. While the method was 
developed such that the gradient transition may be dictated by the user, this tunability 
needs to be evaluated. Furthermore, it was noticed that the degree of alignment was 
affected by polarity, as suggested by previous reports. This method should be evaluated 
with other polymers in order to assess its versatility. Upon speaking with clinicians and 
investigating future in vivo models, it was also brought to our attention that these grafts 
must be much smaller in length, and thicker, in order to be evaluated in vivo. The control 
of the gradient over smaller areas has currently not been evaluated. We hypothesize that 
the current set up would not be compatible with producing gradients over a 2 cm length, 
as necessary. The set up would need to be evaluated with a much smaller distance to 
collector in order to reduce the range across which fibers collect. In order to increase the 
thickness, the grafts may be folded across the length of the scaffolds. Ultimately, this graft 
may be better suited as a model for native transitions. Current work involves evaluating 
the capacity of the gradient grafts to control spatial differentiation of stem cells. The 
combination of tensile stimulation with the mechanical, biochemical, and topographical 
gradients suggest that these grafts could dictate differentiation depending on the location 
of seeded cells. The potential of this system can be evaluated using a wide array of 
polymers and biochemical cues to target specific transitions, beyond even the tendon-bone 
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interface. The flexibility of this electrospinning method imparts a massive potential with 
many future applications that can be investigated. 
While many studies are necessary before these grafts can be used clinically, the 
work described here lays the foundation for future development of scaffolds with greater 
function by developing novel technology advancements. The anastomosis wrap already 
demonstrates improved potential to enhance healing of anastomotic wounds while 
simultaneously reducing adhesion formation. The in situ gelatin crosslinking methods 
enable a highly tunable system with enhanced control over multi-factor release. Lastly, 
the aligned gradient methodology presents a novel technique to electrospin gradients in 
the direction of alignment, which has not been accomplished without post-processing 
before. Forthcoming investigations into targeted scaffolds using these technologies will 
expand the current field of electrospinning to achieve a library of tunable, complex 
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APPENDIX A  
SYNTHESIS AND CHARACTERIZATION OF “PLUG-AND-PLAY” 
POLYURETHANE UREA ELASTOMERS AS BIODEGRADABLE MATRICES FOR 
TISSUE ENGINEERING APPLICATIONS 
 
A.1 Introduction 
Design of tissue engineering scaffolds that can restore function and guide 
regeneration requires the development of biodegradable materials that can both mimic 
native tissue mechanics and promote appropriate cell-material interactions. The 
complexity of native tissue properties has challenged tissue engineers to develop new 
biodegradable polymers that improve upon commonly used polyesters.355 Notably, a 
tunable biomaterial platform that can recapitulate a range of tissue properties is desired, 
from the elastic moduli of muscle (~10 MPa) to that of tendon and ligament (~200 
MPa).356-358 One promising class of materials with the tunability and resilience to better 
match native tissue is segmented polyurethane elastomers. Biomedical polyurethanes have 
been used in medical devices since the 1960s due to their combination of highly tunable 
mechanical properties, fatigue resistance, and biocompatibility. 359-362 To extend the 
application of these versatile polymers to tissue engineering, biodegradable moieties were 
incorporated into the polyurethane structure. These new biodegradable polyurethane 
formulations have been used in several tissue engineering applications including, but not 
limited to: cardiac patches363-366, fibrocartilage repair367,368, nerve guidance channels369,370, 
wound dressings371,372, and bone grafts373,374.  
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The segmental chemistry of the polyurethane provides multiple avenues to 
incorporate hydrolytically or enzymatically labile groups to confer biodegradability; 
however, these modifications can also affect other physicochemical properties. In 
particular, the resultant elastic modulus and resilience of the polyurethane is strongly 
dependent on both structural and morphological factors. Segmented polyurethanes are 
block copolymers with typical soft segments of low glass transition temperature polyols 
and hard segments of low molecular weight diisocyanates chain extended with a short diol 
or diamine.375 Thermodynamic incompatibility of the hard and soft segments results in a 
two-phase morphology with the soft segment matrix reinforced with ordered hard domains 
that serve as rigid fillers and pseudo net points.376,377 The addition of biodegradable 
moieties to one or both of these segments can affect the degree of phase separation as well 
as the domain properties (e.g. soft segment crystallinity or hard domain cohesion) with 
corollary effects on mechanical properties.378-380 Design of a biodegradable polyurethane 
for tissue engineering depends on balancing the requisite mechanical properties with the 
desired degradation rate, which requires a strong understanding of relevant structure-
property relationships.375  
In the design of biodegradable polyurethanes, aliphatic isocyanates such as 1,4-
butane diisocyanate (BDI), 1,6-hexane diisocyanate (HDI), and lysine methyl ester 
diisocyanate (LDI) are most commonly used due to the concerns of aromatic amine 
degradation products.375,381-385 Although degradable hard segments have been 
investigated, it is more typical to utilize a biodegradable soft segment.386 The most studied 
biodegradable softs segments are based on poly(-hydroxy esters) including 
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polycaprolactone (PCL), polyglycolide, polylactide and polygylcolide-co-lactide.380,387-389 
These polyester soft segments are semi-crystalline with the exception of very low 
molecular weight diols, which can strongly influence both mechanical properties and 
degradation rate. Although associated with relatively high tensile strength, these semi-
crystalline soft segments have also been correlated with slow degradation times, softening 
at body temperature, and reduced elastomeric recovery.375 To address these limitations, 
block copolymers of polyester and polyether (e.g., poly(ethylene glycol) (PEG)) have been 
investigated and increased degradation rate and elastomeric recovery was reported as 
compared to PCL.355 However, the standard method of synthesizing the poly(ether ester) 
triblock by ring opening polymerization of the polyester from a polyether macrointiator 
provides somewhat limited control of the triblock structure and crystallinity.355,380,383,387  
Here, we report a new ‘plug-and-play’ approach for triblock synthesis based on 
urethane block coupling of polyether and polyester diols. This versatile method permits 
the use of well-defined block lengths and segmental tuning by ‘plugging’ in different diols 
with relative ease. In addition to reproducible control over the triblock structure, the 
reaction scheme replaces ester functional groups with urethanes. We hypothesize that the 
inclusion of urethane linkages in the soft segment will also promote hydrogen bonding 
between the segments with an associated increase in modulus, tensile strength, and 
ultimate elongation. The goal of the current study was to evaluate this ‘plug-and-play’ 
approach for triblock synthesis as a platform to produce biodegradable polyurethane ureas 
with enhanced control over segmental chemistry, mechanical properties, and degradation 
rate. To this end, biodegradable poly(ether ester urethane) ureas (BPUR) were synthesized 
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from the triblock and HDI with a diamine chain extender. The hard segment content within 
the polyurethanes was varied to demonstrate the tunable tensile properties and degradation 
rate. Key structure-property relationships were elucidated to describe the observed 
physiochemical properties. Finally, cytocompatibility and hydrolytic degradation of 
electrospun polyurethane meshes were evaluated to establish the potential use of these 
biodegradable matrices as tissue engineering scaffolds.  
 
A.2 Materials and Methods 
A.2.1 Materials 
All chemicals were purchased from Sigma-Aldrich and used as received unless 
otherwise noted. Poly(ethylene glycol) (PEG, molecular weight (MW) = 400 Da) and 
poly(ε-caprolactone) (PCL, MW= 530 Da, 2000 Da) were dried under vacuum for 48 
hours and N,N-dimethylformamide (DMF) was dried over molecular sieves to remove 
residual water prior to use.  
A.2.2 Biodegradable Poly(ether ester urethane) urea (BPUR) Synthesis 
Poly(ethylene glycol) diisocyanate (PEG-DI) was synthesized in bulk by adding 
PEG diol dropwise into an excess of hexamethylene diisocyanate to a final diol:HDI molar 
ratio of 1:3. The reaction was performed under nitrogen at 75°C with stirring for 5 hours. 
The completion of the reaction was confirmed using Fourier transform infrared 
spectroscopy (FTIR) by the disappearance of the hydroxyl peak at 3515 cm-1. PEG-DI was 
then washed three times with excess hexane to remove any unreacted HDI. The final 
product was placed under high vacuum overnight prior to use in the triblock synthesis.  
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The poly(ether ester) triblock (PCL-PEG-PCL) was then synthesized by reacting 
PEG-DI and PCL (MW = 530 Da, Figure 5.1). PCL with stannous octoate (0.1 wt% with 
respect to the polymer) was added dropwise into a flask containing PEG-DI to a final 
PEG-DI:PCL molar ratio of 1:2. The reaction was performed under nitrogen with stirring 
at 80 °C for 7 hours. The triblock was then washed three times with excess diethyl ether 
to remove any unreacted PCL. The final product was placed under vacuum prior to use in 
the polyurethane urea synthesis. 
Biodegradable poly(ether ester urethane)urea (BPURs) were synthesized in a two-
step process from the triblock diol and HDI using ethylene diamine (ED) as a chain 
extender. The molar ratios of tri-block diol:HDI:ED were set to 1:2:1, 1:5:4, and 1:9:8 to 
synthesize BPURs with 10, 30, and 50% hard segment, respectively. In a typical process, 
a 10 wt% solution of the tri-block diol in DMF containing 0.1 wt% stannous octoate was 
added dropwise to a flask containing a 10 wt% solution of HDI in DMF under nitrogen. 
The reaction proceeded at 80°C under a nitrogen blanket with constant stirring until no 
change in the hydroxyl stretch was observed via FTIR (~5 hours) and then cooled to room 
temperature. Chain extension was then performed by adding a 10 wt% solution of ED in 
DMF dropwise to the prepolymer solution under vigorous stirring. The reaction was 
continued under nitrogen at room temperature for 5 hours and then the polymer product 
was precipitated in distilled water and dried under vacuum at ambient temperature for 
48 hours. Five separate batches were evaluated for each BPUR composition. A PCL-PUR 
control was synthesized by replacing the PCL-PEG-PCL tri-block with a PCL (MW = 
2000 Da) macrodiol in the reaction described above.  
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Polyurethane films were solution cast from a 10 wt% solution in 1,1,1,3,3,3-
hexafluoro-2-propanol (HFIP) with the solvent removed under vacuum at room 
temperature for 48 hours. The resulting ~250 m-thick films were sectioned for 
subsequent characterization and testing.  
A.2.3 Fourier Transform Infrared (FTIR) Spectroscopy 
Neat BPUR films were cast onto KBr pellets from HFIP solutions (5 wt%) and 
placed under vacuum for 1 hour under ambient conditions to remove the solvent. The 
BPUR chemical structure was confirmed using transmission Fourier transform infrared 
(FTIR) spectroscopy. Spectra were recorded using a Nicolet iS10 (Thermo Scientific) 
FTIR spectrometer at a resolution of 2 cm-1 for 64 scans. For investigation of polymer 
degradation, polyurethane film specimens were removed from the degradative solution at 
0, 8, and 20 weeks, rinsed, and dried under vacuum priot to analysis with attenuated total 
reflectance-Fourier transform infrared (ATR-FTIR) spectroscopy. ATR-FTIR spectra 
were collected using an ATR accessory with a germanium crystal.  
A.2.4 Water Uptake and Contact Angle  
Water uptake was measured gravimetrically using a XSE dual range precision 
scale (Mettler Toledo). Percent water uptake of the BPUR film specimens (n = 6) was 
calculated from the initial dry weight after drying under vacuum and the weight after 
immersion in water for 24 hours and blotted dry. Static water contact angle was performed 
on BPUR film specimens (n = 6) using an optical tensiometer (CAM 200; KSV 
Instruments). Briefly, 5 µL droplet of deionized water was placed on the film and contact 
angle was measured after allowing the surface to equilibrate for 60 seconds.   
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A.2.5 Dynamic Mechanical Thermal Analysis (DMTA) 
Polyurethane film specimens (n = 3) were cut into 5.5 mm × 40 mm strips for 
dynamic mechanical thermal analysis (DMTA). The storage and loss moduli as a function 
of temperature were measured using a TA RSA III dynamic mechanical analyzer in tensile 
mode. All of the specimens were subject to a 0.1% oscillatory strain at a 1 Hz frequency 
and were scanned from -90 to 150 °C at 5 °C/min. 
A.2.6 Differential Scanning Calorimetry (DSC)  
Differential scanning calorimetry (DSC) thermograms (n = 2) were collected on 
polyurethane film specimens of approximately 10-15 mg that were subjected to a 
temperature ramp of -80 °C to 100 °C at a rate of 5 °C/min under nitrogen gas using a TA 
Instruments DSC Q100 (Houston, TX). All analyses were performed on the first scan to 
correlate film phase morphology to cast film mechanical properties. 
A.2.7 Tensile Testing 
 Polyurethane dogbone specimens (n = 4) were cut in accordance with ASTM 
D1708 and strained to failure at a rate of 10 mm/min using an Instron 3345 uniaxial tensile 
tester equipped with a 1 kN load cell and pneumatic side action grips (Instron 2712-019). 
The elastic modulus, tensile strength, and ultimate elongation were calculated from the 
resultant engineering stress/strain curves. A secant modulus based on 2% strain was 
calculated for the elastic modulus and subsequently referred to as simply “modulus.”
 For cyclic testing, dogbone specimens (n = 3) were stretched to a maximum strain 
of 20% or 200% and retracted back to the initial length for 10 cycles at a constant rate of 
10 mm/min. The unrecoverable deformation during cyclic loading was used to calculate 
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percent recovery after each cycle. After the initial conditioning cycle, the specimens had 
longer gage lengths as indicated by the point at which the measured load decreased to zero 
during retraction of the specimen. The unrecoverable deformation of subsequent cycles 
was calculated from this apparent new gage length. 
A.2.8 Electrospinning  
BPUR electrospun meshes were fabricated from 10, 12, 10, and 18 wt% solutions 
of BPUR 10HS, BPUR 30HS, BPUR 50HS, and PCL-PUR 30HS, respectively, in HFIP 
in order to match fiber diameter across compositions. Solutions were dispensed using a 
syringe pump at a constant rate of 0.3 mL/hr. A positive voltage of 7.5 kV was applied at 
the needle tip, which was placed 17 cm from a -5 kV charged copper plate. The total 
collection time for each mesh was 3 hours. All of the electrospinning runs were performed 
at ambient conditions (25°C, 45-55% relative humidity). The fabricated meshes were 
vacuum dried for a minimum of 12 hours prior to characterization and degradation testing. 
A.2.9 Polymer Degradation Assessment 
Degradation of electrospun BPUR meshes was performed at 37°C with shaking in 
3 degradation buffers: standard hydrolysis (phosphate buffered saline (PBS)), base-
accelerated hydrolysis (5mM NaOH), and accelerated enzymatic hydrolysis (200 U/mL 
lipase (Sigma, from thermomyces lanuginosus)).387 For each study, 5 mg of electrospun 
specimens were placed into capped tubes containing 2 mL of the degradation buffer with 
solution changes twice per week. At each time point, specimens (n = 3) were collected 
and carefully rinsed 3 times with distilled water. Specimens were subsequently frozen 
overnight and then lyophilized. The mass loss of the degraded samples was determined 
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after lyophilization by dividing the mass loss by the initial dry mass. Specimens removed 
at 0, 8, and 20 weeks were further characterized for changes in surface chemistry using 
ATR-FTIR spectroscopy.   
A.2.10 Mesenchymal Stem Cell Viability 
Bone marrow-derived human mesenchymal stem cells (hMSCs) were obtained at 
Passage 1 in a cryovial from the Center for the Preparation and Distribution of Adult Stem 
Cells. Cells were cultured in growth media containing 16.5% fetal bovine serum (FBS, 
Atlanta Biologicals), 1% L-glutamine (Life Technologies), and Minimum Essential Media 
α (MEM α, Life Technologies) to 80% confluency and utilized at Passage 5. Electrospun 
BPUR specimens were sterilized using UV for 30 minutes and incubated overnight in 40% 
FBS solution at 5% CO2, 37°C prior to seeding with hMSCs at 10,000 cells/cm
2 in growth 
media supplemented with 1 vol% penicillin-streptomycin (Life Technologies). Viability 
of hMSCs after 72 hours was conducted using the Live/Dead assay kit (Molecular Probes) 
according to the manufacturer instructions to assess cytocompatibility in comparison to 
tissue culture polystyrene (TCPS). Briefly, cells were washed with PBS, stained with 
calcein-AM and ethidium homodimer-1 for 30 minutes in 37°C, and the solution replaced 
with PBS for imaging. Percent viability and cell density was then calculated from cell 
counts of images obtained through raster patterning (5 images per specimen) of 3 






A.2.11 Statistical Analysis 
The data are displayed as mean ± standard deviation for each composition. A 
Student’s t-test was performed to determine any statistically significant differences 
between compositions. All tests were carried out at a 99% confidence interval (p < 0.01). 
 
A.3 Results and Discussion 
A.3.1 BPUR Chemical Composition 
 The structure of the PCL-PEG-PCL tri-block was first verified using FTIR 
spectroscopy with urethane formation confirmed by absorbance peaks at 1735 cm-1 (C=O 
stretch vibrations, esters), 1730 cm-1 (C=O, urethanes), and 1080 cm-1 (C-O-C within 
urethanes). With the exception of these urethane peaks, the FTIR spectra of the tri-block 
was similar to previous reports of tri-blocks synthesized via ring opening polymerizations 
of -caprolactone from a PEG diol macroinitiator 390,391. This synthetic method 
circumvents the variability of ring opening polymerization in tri-block synthesis and 
facilitates segmental tuning by coupling commercially available polyether and polyester 
diols with well-defined molecular weights. Moreover, the formation of urethane linkages 
within the soft segment was expected to enhance hydrogen bonding with carbonyls in the 
hard segment.  
Chemical composition of the final BPUR product was also verified using FTIR 
spectroscopy (Figure A.1) with peak assignments included in. Full reaction was 
confirmed by absence of the isocyanate peak at 2267 cm-1. Peaks at 3333 cm-1 (N-H 
stretch) and 1630 cm-1 (C=O stretch of ordered C=O···H-N in the urea group) indicated 
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successful chain extension and displayed corollary increases with increased hard segment 
content. A pronounced shoulder in the peak at 1630 cm-1 was also observed with 
increasing hard segment content, indicating a significant amount of hydrogen bonding. 
Overall, the FTIR spectral analysis indicated successful formation of BPURs with varying 
hard segment content. 
 
Figure A.1 FTIR absorbance spectrum of BPUR 10HS, BPUR 30HS, and BPUR 50HS. 
 
 
A.3.2 BPUR Phase Morphology 
Thermal transitions and phase morphology were characterized with differential 
scanning calorimetery (DSC) (Figure A.2) and dynamic mechanical thermal analysis 
(DMTA) (Figure A.3). BPURs demonstrated distinct glass transition temperatures (Tg) 
between -25 to -35ºC using DMTA and -40 to -50ºC with DSC with a marked trend of 
higher Tg with increasing hard segment content. There were no evident melting 
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endotherms for any of the BPURs, confirming that the triblock soft segment was 
amorphous. In contrast, PCL-PUR 30HS was semi-crystalline as indicated by a melting 
endotherm at 18ºC. Several reports have indicated that a minimum chain length is required 
to facilitate PCL crystallization.392-394 The PCL (MW = 530 Da) used in the tri-block soft 
segment of the BPUR was well below the reported minimum chain length (MW = 1250 
Da) for PCL crystallization; whereas, the PCL soft segment of the PCL-PUR 30HS was 
above it. It was hypothesized that the short PCL chain length and interruption by PEG 
chains was sufficient to limit crystal formation of the tri-block soft segment.395 A small 
endotherm was observed in BPUR 10HS between 50-60oC and was attributed to the 
dissociation of inter-urethane soft segment hydrogen bonds.396 The low hard segment 
content and largely phase separated morphology of the BPUR 10HS may be expected to 
lead to significant urethane-urethane soft segment hydrogen bonding.392  
As expected, an increase in phase mixing was observed with increasing hard 
segment content. This was supported by both DSC and DMTA findings of increased soft 
segment Tg, decreased slope of the storage modulus transition region, and broadening of 
the tan δ peaks displayed in the DMTA spectra. Given that the molecular weight of the 
soft segment and chemistry remained constant, the increase in phase mixing was attributed 
to the decreased mobility of the polyurethane chains at higher hard segment content. The 
additional hydrogen bonding between hard segments and between hard and soft segments 
limited polymer phase separation with a corollary increase in soft segment Tg due to the 
presence of high Tg hard segments in the soft segment phase and increased physical 
crosslinks.392,395 In addition, the Tg measured for the BPURs were higher than those 
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previously reported by Guan et al. at comparable hard segment content. This finding 
suggests that the new synthetic strategy resulted in a more phase mixed polymer, even at 
low hard segment contents.355 It was hypothesized that the urethane linkages present in 
the soft segment increased hydrogen bonding between the two phases. By introducing 
urethane linkages, hydrogen bonding may occur not only with the ester carbonyls but also 
with the urethane carbonyls. This increase in hydrogen bonding acceptors would permit 










Figure A.3 DMTA spectra of BPUR 10HS, BPUR 30HS, and BPUR 50HS. A) Storage 
Modulus (MPa). B) Tan  
 
 
A.3.3 Effect of Hard Segment Content on Tensile Properties 
Representative stress-strain plots for BPURs are displayed in Figure A.4 with 
calculated tensile properties provided in Table A.1. All BPURs demonstrated smooth 
transitions between the elastic and plastic deformation regions without a yield point typical 
of semi-crystalline polymers.392,393,397 A broadly tunable range of tensile properties were 
observed with tensile strength ranging from ~20 to 150 MPa and ultimate elongations from 
~260 to 780%. As expected, tensile testing results indicated an increase in modulus and a 
decrease in elongation with increasing hard segment content. It is well established that 
hard domains in segmented polyurethanes act as a reinforcing filler and physical 
crosslinking site. For rubbers, the modulus of the material is inversely proportional to the 
distance  between crosslinks.398 As such, the observed increases in modulus and tensile 
strength of the BPUR were attributed to the increased amounts of strong bi-dentate 
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hydrogen bonding at higher hard segment content.375,399 The “plug and play” system 
provides direct control over the hard segment content, enabling a highly tunable range of 
mechanical properties.  
A comparison of BPUR tensile properties to a previously reported polyurethane 
ureas with tri-block PCL-PEG-PCL soft segment indicated that the modulus (20 ± 5 MPa) 
and tensile strength (15 ± 6 MPa) of the BPUR 10HS were higher than the polyurethane 
of similar hard segment content of 5-10% (modulus = 4.6 ± 1.5 MPa, tensile strength = 13 
± 2 MPa).355 The percent elongation of BPUR 10HS was also significantly greater (780 ± 
60%) compared to approximately 400-600% reported by Guan et al. Furthermore, the 
introduction of PEG into the reported soft segment triblock reduced the mechanical 
properties relative to polyurethanes containing solely PCL within the soft segment.355,400 
As noted in Table I, no significant reduction was observed between BPUR 30HS and PCL-
PUR 30HS. These improvements in tensile properties were attributed to the introduction 
of urethane linkages instead of esters when coupling the polyester and polyether diols of 
the soft segment. The urethane linkages are hypothesized to promote hydrogen bonding 
between tri-blocks, as well as with ureas in the hard segment. DMTA results also indicated 
that the BPURs synthesized in this study were more phase-mixed when compared to those 






Figure A.4 Representative stress-strain plots of BPUR 10HS, BPUR 30HS, and BPUR 




Table A.1 Tensile properties of BPUR 10HS, BPUR 30HS, BPUR 50HS, and PCL-PUR 
30HS. 







BPUR 10HS 20 ± 5×,*,ǂ 15 ± 6× 780 ± 60×,*,ǂ 
BPUR 30HS 86 ± 12*,^,0  19 ± 5 540 ± 100*,^ 
BPUR 50HS 148 ± 18ǂ,^,+ 20 ± 5 260 ± 60ǂ,^,+ 
PCL-PUR 30HS 70 ± 8×,0,+ 25 ± 2× 620 ± 80×,+ 




 Additional cyclic testing of the BPURs was utilized to elucidate the compositional 
effects on elastomeric recovery (Figure A.5, Table A.2). Cyclic loading with a maximum 
strain of 20 and 200% was used to investigate physiologically relevant loading and larger 
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plastic deformation regimes, respectively.401,402 As expected, most of the samples 
exhibited a large hysteresis loop in the first cycle followed by smaller hysteresis loops and 
increased elastic recovery in subsequent cycles.387,403 During the initial conditioning cycle, 
the material underwent permanent structural changes with the new structure exhibiting 
reversible behavior on subsequent reloading cycles if the initial extension was not 
exceeded. Elastic recovery decreased with increased initial strain (20 vs 200%) and with 
increased hard segment content. These findings are consistent with deformation models 
of segmented polyurethanes.  At low strains, deformation during the conditioning cycle is 
predominantly deformation of the soft segment matrix, which is largely reversible, and 
break-up of hard domains at flaws, which is irreversible.403,404 Subsequent cycles that do 
not exceed the original stretch ratio causes little to no further hard domain break up 
resulting in highly elastic deformation of the soft segment matrix.  At higher hard segment 
content, the transfer of stress to the hard domain and hard domain break up occurs at lower 
strains with a subsequent increase in permanent set.  Similarly, at higher stretch ratios, 
greater stress is transferred to the hard domains resulting in greater hard domain break up 
and increased permanent set.  A comparison of the BPUR 30HS to PCL-PUR 30HS under 
cyclic testing was used to highlight the improved recovery of the amorphous BPUR tri-
block soft segment compared to a pure PCL soft segment (Table A.2). The two groups 
had comparable moduli at 20% max strain and 200% max strain and similar initial 
recovery at low strains. However, cyclic testing at high strains demonstrated that PCL-
PUR 30HS had significantly less elastic recovery during the initial cycles (44±1%) 
compared to BPUR 30HS (68±1%). This was attributed to the semi-crystalline soft 
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segment of the PCL-PUR. In addition to hard domain break up, the PCL-PUR has 
additional permanent set associated with break up of the PCL soft segment crystals during 




Figure A.5 Representative cyclic stress-strain plots at low (20%) and high (200%) 







Table A.2 Percent elastic recovery of BPURs after the initial cycle, second cycle, and 














BPUR 10HS 82±2 91±1* 93±1 
BPUR 30HS 86±2× 91±2× 90±3 
BPUR 50HS 76±2× 80±6*,× 86±1 
PCL-PUR 30HS 81±1 89±3 89±23 
200% Strain 
BPUR 10HS 81±1×,*, ǂ 93±1×,* 97±1× 
BPUR 30HS 68±1×,^,# 89±1ǂ,# 95±1* 
BPUR 50HS 40±1*, ^ 77±1×,ǂ 85±1×,* 
PCL-PUR 30HS 44±1ǂ, # 81±4*,# 92±5 
×,*, ǂ, ^,#   indicate statistically significant differences between respective samples and # 
represents significant differences between all other samples. p<0.01, n=3 
 
 
A.3.4 Effect of Hard Segment Content on Hydrophilicity  
Static contact angles of deionized water droplets on BPUR films are reported in 
Table A.3. Average contact angles measured for BPURs increase from 53° to 64° with 
increasing hard segment content. The differences in contact angle between the BPURs are 
relatively small and not statistically significant (p > 0.05) with the exception of BPUR 
10HS (53± 2°) and BPUR 50HS (65 ± 4°). As expected, these values were significantly 
lower than the PCL-PUR control with BPUR 30HS measuring 58 ± 4° and PCL-PUR 
30HS measuring 66 ± 1°. These data indicate that the introduction of the PEG into the soft 
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segment increased surface hydrophilicity and higher soft segment contents also increased 
surface hydrophilicity.  
Water uptake results on BPUR films are also reported in Table A.3. Water uptake 
for all BPUR compositions were statistically greater than that of PCL-PUR 30HS (4 ± 
2%), which was consistent with the contact angle results and confirmed that the PEG 
increased soft segment hydrophilicity. However, water uptake for the BPURs increased 
from 10% to 16% with increasing hard segment content despite the observed decrease in 
hydophilicity measured with contact angle. Of note, contact angle measures surface 
hydrophilicity; whereas, water uptake is more representative of the bulk polymer 
hydrophilicity. BPUR 10HS, containing the highest soft segment content, displayed the 
highest surface hydrophilicity and the lowest bulk hydrophilicity. BPUR 50HS displayed 
the lowest surface hydrophilicity and the highest bulk hydrophilicity. Semi-empirical 
prediction of the octanol water partition coefficient (LogP, Molinspiration 
Cheminformatics) confirmed that BPUR 10HS was more hydrophilic than BPUR 50HS 
and that the triblock soft segment was more hydrophobic than the polar hard segment. 
Based on these findings and the phase morphology discussed previously, it was 
hypothesized that the observed decrease in water uptake with increased hard segment 




Table A.3 Average water uptake and static contact angle measurements of BPUR 10HS, 
BPUR 30HS, BPUR 50HS, and PCL-PUR 30HS (n = 6). 
Composition Water Uptake (%) Contact Angle (°) 
BPUR 10HS 10 ± 1*,X 53 ± 2*,X 
BPUR 30HS 15 ± 1ǂ 58 ± 5ǂ 
BPUR 50HS 16 ± 2*,^ 65 ± 5*,^ 
PCL-PUR 30HS 4 ± 2X,ǂ,^ 66 ± 1X,ǂ,^ 




A.3.5 Biodegradation and Cytocompatibility of Electrospun BPUR Meshes 
Electrospinning was selected to fabricate BPUR fiber meshes due to its established 
utility in a variety of tissue engineering applications including, but not limited to, wound 
dressings, cardiac, or orthopedic grafts.61,366,405 To demonstrate the tunable degradation 
profiles of the BPUR platform, hydrolytic and enzymatic degradation of the meshes were 
assessed using accelerated degradation testing. Electrospinning parameters were adjusted 
to achieve fiber diameters that were consistent between the three compositions, with a 
fiber diameter of 58 ± 10 nm for BPUR 10HS, 55 ± 8 nm for BPUR 30HS, and 48 ± 9 nm 
for BPUR 50HS (Figure A.6). Thus, differences measured in the degradation kinetics 




Figure A.6 Representative scanning electron micrographs of electrospun BPUR meshes. 
  
   
 
Gravimetric analysis of mass loss was performed after treatment in accelerated 
hydrolytic (5 mM NaOH) and enzymatic (200 U/mL lipase) solutions for a period of 20 
weeks (Figure A.7). Base-accelerated hydrolytic degradation of the BPUR 10HS resulted 
in significantly greater mass loss at 20 weeks (85 ± 4%) than the PBS control (25 ± 7%). 
In comparison, BPUR 30HS and BPUR 50HS electrospun meshes displayed 59 ± 6% and 
36 ± 2% mass loss after 20 weeks, respectively. Mass loss after incubation with lipase was 
also studied to evaluate the material response to enzymatic degradation. Lipases are a 
subgroup of esterases that can break down esters into carboxylic acids and alcohols.387 
Degradation kinetics in lipase solutions were similar to base-accelerated hydrolysis with 





Figure A.7 Degradation profiles of electrospun BPUR meshes over 20 weeks in A) 5 




The polymers studied here were designed to degrade via hydrolysis of the ester 
groups located in the tri-block soft segment. Esters are more hydrolytically susceptible to 
degradation compared to the urethane or urea groups located in the hard segment.406 To 
confirm the mechanism of chemical degradation of the BPUR meshes and the effect of 
composition on chain scission, ATR-FTIR spectra, displayed in Figure A.8, were 
collected before and after accelerated degradation. The degree of spectral changes was 
consistent with the observed mass loss data indicating that degradation rate decreased with 
increasing hard segment content. Minimal changes were observed in the BPUR 50HS 
spectra, but both BPUR 10HS and BPUR 30HS spectra displayed pronounced decreases 
in peak height at 1735 cm-1 after NaOH and lipase treatment. These spectral changes 
support that degradation is proceeding through hydrolytic and enzymatic chain scission of 




Figure A.8 Representative ATR-FTIR spectra of BPUR electrospun meshes before and 




The degradation results indicate that the rate of degradation was strongly 
dependent on the soft segment content. BPUR 10HS with the highest ester content 
degraded at a faster rate than BPUR 30HS and BPUR 50 HS. In addition to the number of 
labile bonds, access of water to the ester bond can also influence the rate of hydrolysis 
with the expectation that polymers with higher water uptake will degrade faster.355 Water 
ingress into the polymer is affected both by the molecular hydrophobicity of the polymer 
and the surface-area-to-volume ratio of the scaffold geometry. Previous studies have 
demonstrated that the addition of PEG to the soft segment of poly(ester urethanes) 
increases degradation rate despite the reduced number of ester moieties. This effect was 
attributed to the increased water uptake.355,387 In contrast, the BPUR 50HS displayed the 
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highest water uptake but the slowest degradation rate. The PCL-PUR 30HS control with 
a pure PCL soft segment also displayed the fastest degradation despite having the lowest 
bulk hydrophilicity. This suggests that degradation of the electrospun meshes was largely 
dictated by ester content with minimal effect of bulk hydrophilicity. Of note, the previous 
poly(ester urethanes) with tri-block soft segments relied on polymer films for degradation 
testing; whereas, this study examined electrospun materials.355,387 Thus, it was 
hypothesized that water ingress into the electrospun meshes was rapid in all of the 
compositions despite differences in hydrophobicity due to the high surface area and small 
fiber diameter. This minimized the effect of hydrophobicity on hydrolytic degradation 
rate.  
Finally, initial cytocompatibility of electrospun BPUR meshes were assessed using 
a standard LIVE/DEAD assay to confirm the ability of these scaffolds to support adequate 
cell attachment and retention for use as a tissue engineering scaffold. Representative 
images of cell-seeded constructs display cell adhesion and spreading on each composition 
after 72 hours, Figure A.9A. Percent viability and cell density of hMSCs seeded directly 
onto electrospun meshes was characterized at 72 hours and compared to standard tissue 
culture polystyrene (TCPS) controls, Figure A.9B, C. There were no significant 
differences in hMSC viability on BPUR meshes with average percent viability of BPUR 
10HS, BPUR 30HS, and BPUR 50HS equal to 89 ± 9%, 90 ± 4%, and 89 ± 3%, 
respectively. In addition to the high viability of hMSCs, we recently reported that valve 
interstitial cells were viable and active through 28 days of exposure to BPUR meshes.366 
The ability of the BPUR meshes to support cell adhesion and viability is an important first 
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measure of their potential use in tissue engineering applications. Future studies will 
provide a full biocompatibility screening including cytocompatibility of BPUR 





Figure A.9 Cytocompatibility assessment of electrospun BPUR meshes using human 
mesenchymal stem cells (72 hr). A) Adherent hMSCs on electrospun BPUR meshes; B) 
Percent cell viability of hMSCs cultured on BPUR meshes normalized to TCPS; C) Cell 




In summary, we have designed a reaction scheme for biodegradable poly(ester 
ether urethane) ureas that improves upon previous research by providing a simplified 
“plug-and-play” method with finer control over the tri-block soft segment. This study 
highlights the versatility of the BPUR platform by manipulating the ratio of hard and soft 
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segment content to achieve a broad range of material properties. The addition of hydrogen 
bonding sites to the soft segment via urethane groups enhanced elastic recovery, modulus, 
and tensile strength of the BPUR elastomers. Furthermore, electrospun BPURs 
demonstrated hydrolytic degradation under accelerated conditions with degradation rate 
dependent on the hard segment. The electrospun meshes were also shown to be 
cytocompatible. Overall, this “plug-and-play” approach to biodegradable polyurethane 






APPENDIX B  
ELECTROSPUN POLYURETHANE AND HYDROGEL COMPOSITE SCAFFOLDS 
AS BIOMECHANICAL MIMICS FOR AORTIC VALVE TISSUE ENGINEERING* 
 
B.1 Introduction 
Tissue engineering and regenerative medicine are promising fields with the 
potential to transform medicine by supplying replacements for diseased and injured 
tissues. However, few engineered replacement tissues are currently available clinically. 
This limitation can be attributed to the complexity of native tissue that researchers are 
unable to replicate in the laboratory.1 Tissue is comprised of heterogeneous extracellular 
matrix (ECM) with multiple cell types, each with their own heterogeneous phenotypes. 
The ECM consists of a complex variety of proteins and carbohydrate molecules. Heart 
valves, in particular, are mechanically active tissues that rely on their distinct ECM 
makeup to function over a lifetime of cardiac cycles. The circumferentially aligned 
collagen fibers in the fibrosa layer of heart valves give leaflets the non-linear, viscoelastic, 
and anisotropic mechanical properties that provide strength and resiliency to ensure 
unidirectional blood flow through the heart.2–5 Previous synthetic scaffolds designs were 
unable to mimic the structural heterogeneity found in native heart valve tissue and 
therefore have not replicated valve leaflet mechanics.6,7 As a result, these scaffolds failed 
*Reprinted with permission from “Electrospun polyurethane and hydrogel composite 
scaffolds as biomechanical mimics for aortic valve tissue engineering” by D Puperi*, AP 
Kishan*, ZE Punske, Y Wu, EM Cosgriff-Hernandez, J West, KJ Grande-Allen. ACS 
Biomaterials Science & Engineering, 2016, 2(9), 1546-1558. Copyright (2016) American 
Chemical Society. * co-first authors 
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to provide the mechanical and biochemical signaling necessary to promote proper cell 
response and tissue regeneration.8 Mimicking the structure and mechanical behavior of 
the natural heart valve may provide a means to direct ECM production and organization 
to ultimately enhance the functionality of tissue engineered valves.  
Synthetic materials and methods offer the promise of precise control over the 
spatial and even temporal cell signaling moieties in scaffolds.9 Small scale heterogeneity 
has been built into synthetic scaffolds using photolithography10 or microscale and 
nanoscale surface modification.11 Processes such as additive manufacturing (3D printing) 
offer ways to design a complex structure to mimic large scale tissue organization.12,13 
However, it remains challenging to construct a tissue engineered scaffold that has the 
microscale features to direct cell behavior while reproducing the size, shape, and bulk 
mechanics of tissue.14 
Electrospinning, a method that produces fibrous scaffolds, has been proposed for 
a variety of tissue engineering applications, including heart valve tissue engineering, as 
the fibers mimic the fibrous nature of ECM.15–21 Furthermore, the versatility of 
electrospinning provides a facile method to alter the microstructure of the scaffolds during 
fabrication, enabling the production of anisotropic scaffolds.20,22–25 A wide variety of 
electrospun polymers have been utilized for heart valve tissue engineering. However, 
many of these current materials are limited by their linear stress-strain response and 
stiffness, which fail to mimic the mechanical response of the natural heart valve.23,26,27 
Segmented polyurethanes have been investigated for soft tissue engineering due to their 
elastomeric behavior, fatigue resistance, and tunability.15,28–32 Specifically, electrospun 
 219 
 
poly(ester urethane) ureas have previously been investigated for heart valve tissue 
engineering and were shown to mimic the anisotropic response of the native tissue.24  
A major limitation in electrospun fibers is their limited ability to support 3D cell 
engraftment as the pore sizes are often too small to permit cell infiltration. 99,407As a result, 
many studies using electrospun fibers have examined the biological response of cells 
cultured in 2D, seeded on top of the fibers.20,21 Some researchers have overcome the cell 
infiltration limitation by perfusion of cell suspension through the scaffold to encourage 
cells to migrate to the interior33 Others have attempted to electrospin while simultaneously 
spraying a cell solution.34–36 Alternatively, groups have investigated embedding 
electropsun meshes within hydrogels to allow for cellular encapsulation.37 This approach 
allows for control over biochemical signaling in the hydrogel portion of the composite 
scaffold in order to direct cell behavior without affecting the bulk mechanical properties 
that are dominated by the electrospun mesh.  
Hydrogels have frequently been used as a substrate to study valve cell behavior 
in both 2D and 3D culture. Valve interstitial cell (VIC) biology and response to biomaterial 
mechanical and biochemical properties has been previously investigated using synthetic 
poly(ethylene glycol) (PEG) hydrogels.38–41 PEG-based hydrogels are ideal scaffolds for 
directing cells in 3D culture as they are bioinert, resist non-specific protein adsorption, 
have tunable mechanical properties, and can be specifically functionalized with bioactive 
ligands, including enzymatically degradable regions so that cells can break down the 
scaffold as they proliferate and secrete their own ECM.42 However, PEG hydrogels are 
not strong enough in tension to be used for a tissue engineered replacement valve, 
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therefore reinforcement is necessary if hydrogel-based scaffolds are to be used for heart 
valve applications. 
The objective of this study was to fabricate a composite scaffold using an 
electrospun polyurethane and a PEG-based hydrogel to mimic the heterogeneous heart 
valve ECM and mechanical properties. By combining these two aspects, the composite 
scaffold takes advantage of the electrospun polyurethane mechanical behavior while 
enabling the 3D culture of VICs in the hydrogel portion of the scaffold. A biodegradable 
polyurethane urea was synthesized and electrospun into aligned scaffolds. Electrospun 
polyurethane meshes were then embedded into an enzymatically degradable PEG-based 
hydrogel to form the composites, which were tuned to match the mechanical properties of 
the natural valve. The response of encapsulated aortic VICs was investigated and scaffold 
remodeling was evaluated. Ultimately, this composite was investigated to evaluate the 
combined benefits of the polyurethane and hydrogel to mimic the anisotropic environment 
of the heart valve. 
 
B.2 Materials and Methods 
All chemicals were purchased from Sigma-Aldrich (St. Louis, MO) and used as 
received unless otherwise indicated. 
B.2.1 Biodegradable poly(ether ester urethane) urea Synthesis  
Biodegradeable poly(ether ester urethane) urea (BPUR) was synthesized as 
discussed in Appendix A. Prior to synthesis, reagents were dried to remove residual water 
to prevent possible side reactions with isocyanate moieties. Poly(ethylene glycol) (PEG, 
 221 
 
MW 400 Da) and  poly(ε-caprolactone) (PCL, MW 530 Da) were dried under vacuum for 
48 hours and N,N-dimethylformamide (DMF) was dried over molecular sieves. 
Poly(ethylene glycol) diisocyanate (PEG-DI) was synthesized in bulk by adding 
PEG diol (0.02 mol) dropwise (~1 drop per 10 seconds) to a three-neck round bottom flask 
charged with hexamethylene diisocyanate (HDI, 0.06 mol) and purged with nitrogen. The 
reaction was allowed to proceed at 75 °C for 5 hours with continuous stirring. Completion 
of the reaction was confirmed using Fourier transform infrared spectroscopy (FTIR) by 
the disappearance of the hydroxyl peak at 3515 cm-1. The PEG-DI was then washed three 
times with hexane (30 mL per 10 g of product) to remove unreacted HDI. The final product 
was placed under high vacuum overnight prior to use in the triblock synthesis. 
A poly(ether ester) triblock (PCL-PEG-PCL) was synthesized by reacting PEG-DI 
(0.027 mol) with PCL (0.055 mol) in bulk with 0.1 wt% stannous octoate. The PCL diol 
with stannous octoate was added dropwise to PEG-DI under a nitrogen blanket. 
Polymerization was carried out at 80 °C for 7 hours with continuous stirring. Completion 
of the reaction was confirmed using FTIR by the disappearance of the isocyanate peak at 
2270 cm-1. The triblock was then washed three times with diethyl ether (30 mL per 10 g 
of product) to remove unreacted PCL. The final product was placed under high vacuum 
for use in the subsequent polyurethane urea synthesis. 
Finally, the BPUR was synthesized under a dry nitrogen atmosphere using a two-step 
reaction. In the first polymerization step, a 10 wt% solution of excess HDI in DMF was 
continuously stirred via overhead stirrer while a 10 wt% solution of the triblock diol in 
DMF containing 0.1 wt% stannous octoate was added dropwise. The mixture was allowed 
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to react at 85 °C until no change in the hydroxyl stretch was observed via FTIR (~7 hours). 
The prepolymer solution was then cooled to room temperature. A solution of the ethylene 
diamine chain extender (10 wt%) in DMF was then added dropwise while stirring for 
chain extension. The reaction was continued at room temperature for 1 hour, resulting in 
a poly(ether ester urethane)urea. The completion of the reaction was confirmed using 
FTIR by the disappearance of the isocyanate peak at 2270 cm-1. The polymer product was 
then precipitated in distilled water and dried under vacuum in ambient conditions for 48 
hours. 
B.2.2 Electrospinning 
BPUR electrospun meshes were fabricated from a 10 wt% solution of BPUR in 
1,1,1,3,3,3-Hexafluoro-2-propanol (HFIP) that was pumped using a syringe pump at a 
constant rate of 0.3 mL/hr. A positive voltage of 7.5 kV was applied at the needle tip, 
which was placed 20 cm away from a -5.0 kV charged rotating mandrel. The mandrel 
(aluminum, 15 cm diameter) was rotated at a speed of 1000 rpm. The total collection time 
for each mesh was 7 hours. All of the electrospinning runs were performed at ambient 
conditions (20°C, 45-55% relative humidity). The fabricated meshes were vacuum dried 
for a minimum of 12 hours prior to characterization. Poly(lactic-co-glycolic) acid (PLGA; 
~76-115 kDa MW) dissolved 15% w/v in HFIP and PCL (~70-90 kDa MW) dissolved at 
15% w/v in 1:1 tetrahydrofuran:DMF were each also electrospun and collected on a 





B.2.3 Fiber Characterization  
The fiber morphology was characterized using scanning electron microscopy 
(SEM; Phenom Pro, NanoScience Instruments, Phoenix, AZ) at 10 kV accelerating 
voltage. Specimens (n = 4) approximately 7 mm x 7 mm were cut from the center of each 
fiber mesh to avoid edge effects. Prior to imaging, the specimens were coated with 4 nm 
of gold using a sputter coater (Sputter Coater 108, Cressingtion Scientific Instruments, 
Hertfordshire, UK). Fiber diameter was calculated using Image J by analyzing 10 fibers 
from each specimen for a total of 40 measurements per composition. The Directionality 
ImageJ plugin was used for quantification of fiber alignment from SEM images of fiber 
meshes (n = 6). The thickness of the electrospun polyurethane mats was measured both 
under a stereomicroscope (n = 59) and from cryosectioned composite scaffold sections (n 
= 30).  
B.2.4 In vitro Electrospun Mesh Degradation  
Enzymatic degradation of the BPUR electrospun meshes was performed in PBS 
containing 200 U/mL lipase (Sigma, from Thermomyces lanuginosus) at 37 °C.43 
Electrospun specimens (40 mm x 5 mm x 0.2 mm3) were placed into capped tubes 
containing 2 mL of the lipase solution and incubated with shaking. Solutions were changed 
twice per week. At each time point, specimens (n = 3) were collected using centrifugation 
and carefully rinsed 3 times with distilled water. Samples were subsequently frozen 
overnight and then lyophilized. The percent mass loss of the degraded sample was 




B.2.5 PEG-peptide Synthesis 
PEG-PQ-PEG and PEG-RGDS polymers were synthesized exactly as previously 
detailed.44 Briefly, GGGPQG↓IWGQGK (PQ) peptide was made using solid phase 
synthesis and RGDS peptide was purchased from American Peptide Company (Vista, 
CA). Monoacrylated PEG succinimidyl valerate (3400 Da Acr-PEG-SVA, Laysan Bio, 
Arab, AL) was reacted with the PQ peptide at a molar ratio of 2.1:1 or with RGDS at a 
molar ratio of 1:1.2 overnight at pH 8.0 in HEPBS buffer (Santa Cruz Biotechnology, 
Dallas, TX). The reactants were then purified by dialysis for 3 days in a 3500 molecular 
weight cutoff dialysis membrane (SpectrumLabs, Rancho Dominguez, CA). Purified 
polymer solutions were sterile filtered and lyophilized. Gel permeation chromatography 
and H1 NMR were used to verify the PEG-peptide conjugation. 
B.2.6 Valve Interstitial Cell Harvest and Culture 
Valve interstitial cells were harvested from 3-6 month old pig hearts obtained from 
a commercial abattoir (Fisher Ham and Meats, Spring, TX) as previously described.45 
Aortic valve leaflets were dissected and incubated at 37 °C in a collagenase II buffer 
(Worthington Biochemical, Lakewood, NJ) for 30 minutes. The endothelial lining was 
scraped from the surface of the leaflets using sterile cotton swabs and leaflets were finely 
minced. The minced leaflets were incubated at 37° for 4 hours in a collagenase III buffer 
(Worthington Biochemical). Cells were separated from residual ECM by passing the 
digested solution through a 70 µm cell strainer. The cells were plated on tissue culture 
polystyrene flasks and passaged once before freezing and storage in liquid nitrogen. Two 
separate harvests were used for all experiments and cells from 6 hearts were pooled 
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together during each harvest to ensure biological heterogeneity. All cells were frozen after 
passage 1 and encapsulated in the PEG scaffolds at passage 3, having been grown out for 
one passage on tissue-culture polystyrene (TCPS) flasks post-thawing. During both cell 
culture and culture of BPUR/PEG composite scaffolds, 50:50 DMEM:F12 media 
(Corning, Tewksbury, MA) was used with 10% bovine growth serum (BGS; Lonza, 
Walkerville, MD), 1% 1M 4-(2-hydroxyethyl)-1-piperazineethanesulfonic acid (HEPES; 
Thermo Fisher Scientific, Waltham, MA), and 1% penicillin/streptomycin/amphotericin 
(Corning). 
B.2.7 Electrospun Polyurethane/PEG Composite Scaffold Construction 
The electrospun BPUR/PEG composite scaffold was constructed as depicted in 
Figure B.1. Electrospun BPUR strips 5 mm x 15 mm were cut both parallel to and 
perpendicular to the direction of the principle alignment of the electrospun fibers and 
encapsulated in 3.5% w/v PEG-PQ-PEG with 2 mM PEG-RGDS follows. 250 µm thick 
PDMS molds with a 5 mm x 15 mm cutout were placed onto glass slides that had been 
pre-treated with Sigmacote silanizing reagent. VICs were suspended in 3.5% w/v PEG-
PQ-PEG + 2mM PEG-RGDS polymer solution in a white light photoinitiator buffer (10 
µM Eosin Y, 1.5% v/v triethanolamine, 0.35% v/v 1-vinyl-2-pyrillidinone in HEPES 
buffered saline) at 15x106 cells/mL. 16 µL of polymer/VIC suspension was pipetted into 
the PDMS mold. The electrospun BPUR strip was carefully placed on top of the liquid 
and 16 µL of the polymer/VIC suspension was added to the top of the electrospun BPUR 
in the PDMS mold. A Sigmacoted 25 mm x 25 mm coverslip was placed on top and 
pressed down to squeeze out excess cell suspension. The scaffold was crosslinked under 
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~160 kLux of white light (UltraTow LED Floodlight, Northern Tool and Equipment, 
Burnsville, MN) for 35 seconds on each side. The crosslinked composite scaffold was 
cultured in standard VIC media in either 24 well plates or custom-build. Scaffolds 
containing only PEG-PQ-PEG were similarly constructed for comparison by pipetting 32 
µL of polymer/VIC suspension in the same 250 µm thick PDMS mold between a glass 
slide and coverslip and crosslinked under white light for 35 seconds (no need to flip and 






Figure B.1 A) Construction of electrospun polyurethane composite scaffold. B) H&E 
staining of composite scaffold with encapsulated VICs fixed immediately after scaffold 
construction; scale=100 µm. C) Picture of BPUR/PEG-PQ composite scaffold sutured 




B.2.8 Mechanical Testing 
Uniaxial tensile testing was used to identify candidate polymers for the electrospun 
mesh component of the composite scaffold.  Electrospun PLGA, PCL, and BPUR mats 
were cut into 5 mm x 15 mm strips for tensile testing both parallel and perpendicular to 
the direction of primary fiber alignment.  Electrospun meshes were tested with both cyclic 
tension at 1 Hz triangle waveform to 20% strain and tension to failure at a rate of 0.1 
mm/sec. 
The mechanical properties of composite BPUR/PEG-PQ scaffolds cultured with 
and without VICs for 1 and 28 days were also determined by uniaxial tensile testing. Strips 
(5 mm x 15 mm) of electrospun BPUR/PEG composite scaffolds were cut both parallel to 
and perpendicular to the direction of the principle alignment of the electrospun fibers (n = 
4-10). Electrospun BPUR/PEG composite scaffolds with varying thickness of PEG (0 µm, 
250 µm, 500 µm, and 1000 µm; n = 4 each) that had been soaked in media for 1 day were 
also tested to determine the contribution of the PEG-PQ-PEG to the tensile elastic modulus 
of the scaffolds. 
Balsa wood blocks (5 mm x 5 mm) were superglued on either side of the materials 
to facilitate gripping in the mechanical tester (Bose Electroforce 3200, TA Instruments, 
Eden Prairie, MN) (Figure 3B). The pieces were pulled for 20 cycles at 1 Hz triangle 
waveform with an extension of 2 mm for strips cut in the parallel direction and 3.5 mm 
for strips cut in the perpendicular direction. Force was measured using a 1000 g load cell 
(Bose Electroforce). The displacement and force were measured at 100 points per seconds 
and converted to strain and stress by dividing by the initial length between grips and by 
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the scaffold cross-sectional area, respectively. The cross-sectional area of each sample 
was determined by multiplying the measured width of the sample with the average 
thickness of the electrospun BPUR mats. The elastic modulus of the material was 
calculated by finding the maximum slope of the stress vs. strain curve. The extensibility 
was defined as the strain where the extended modulus line intersected the x-axis as shown 
in Figure 3A. Fresh porcine aortic valve tissue strips (5 mm x 15 mm) were cut in the 
circumferential (n = 8) and radial (n = 7) directions and tested under the same parameters 
to compare the mechanical properties of valve tissue to the composite scaffold. 
B.2.9 Cryosectioning 
Cell-seeded composite scaffolds were fixed in 4% paraformaldehyde for 45 
minutes at room temperature followed by washing 3x in PBS for 5 minutes each. The 
scaffolds were soaked overnight in 30% w/v sucrose solution, then soaked overnight in a 
30% v/v solution of Optimal Cutting Temperature (OCT; Tissue-Tek, Sakura Finetek, 
Torrance, CA) medium in 30% w/v sucrose. Finally, the scaffolds were soaked overnight 
in pure OCT, mounted in Cryo-Gel (Electron Microscopy Sciences, Hatfield, PA) in 10 
mm x 10 mm plastic cryomolds (Tissue-Tek), and frozen in liquid nitrogen. Scaffolds 
were sectioned at -20° C in a Leica CM1850UV cryostat (Leica Microsystems, Buffalo 
Grove, IL) at either 30 µm thick (for histological staining) and 60 µm thick (for 
immunofluorescent / confocal imaging). Sections were mounted on electrostatically 
charged glass slides (Superfrost Plus, VWR, Radnor, PA) and heated on a slide warmer at 
50° C for 30 minutes. Cryo-Gel was dissolved from the sections by soaking slides in diH20 
for 20 minutes. 
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B.2.10 Histological Staining 
Cryosectioned samples (30 µm thick) were histologically stained to characterize 
VICs and secreted ECM in the composite scaffolds. Hematoxylin and eosin (H&E) 
staining was used to visualize cell locations and general tissue formation. Modified 
Movat’s pentachrome staining (without crocein scarlet) identified collagen (yellow), 
glycosaminoglycan and hydrogel (blue), and elastin and electrospun BPUR (black). 
Picrosirius red stain was used to investigate the alignment and maturity of secreted 
collagen. Aligned collagen fibrils stained with picrosirius red will appear bright red under 
polarized light due to the birefringent properties of collagen46. 
B.2.11 Immunofluorescent Staining 
Cryosections (60 µm thick) and whole scaffolds were stained with secondary 
immunofluorescent (IF) antibodies to visualize cell morphology, phenotype, and collagen 
secretion using confocal microscopy. Scaffolds were fixed in 4% paraformaldehyde for 
45 minutes and washed 3x for 5 minutes in PBS. Cells in sections and whole scaffolds 
were permeabilized with Triton-X 100 for 10 minutes (0.125% v/v) for sections and 15 
minutes (0.25% v/v) for whole scaffolds followed by washing 4x for 10 minutes in PBS. 
3.5% bovine serum albumin (BSA; ThermoFisher Scientific) was used to block non-
specific binding in sections (1 hour at room temperature) and whole scaffolds (overnight 
at 4 °C). Samples were incubated in primary antibodies for αSMA (abcam ab7817, 1:50) 
and collagen I (abcam ab34710, 1:200) for 1 hour for sections or overnight for whole 
scaffolds at 4 °C. After extensive washing of unbound primary antibodies in 0.01% Tween 
20, fluorescent secondary antibodies (AlexaFluor555 anti-mouse and AlexaFluor633 anti-
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rabbit, Invitrogen, ThermoFisher Scientific, 1:200) were added for 1 hour (sections) or 
overnight (whole scaffolds) at 4 °C. Samples were counterstained for DAPI and 
AlexaFluor488 Phalloidin (Invitrogen, ThermoFisher Scientific) with the secondary 
antibodies. Samples were washed 3x for 10 minutes before imaging on a confocal 
microscope (A1-Rsi, Nikon, Tokyo, Japan or LSM 510, Zeiss, Oberkochen, Germany). 
Large images were stitched together using the Stitching ImageJ plugin.47  
The Directionality ImageJ plugin48 was used for quantification of cell alignment 
on the composite scaffolds. Maximum intensity z-projections of phalloidin stained 
samples were analyzed (n=4-8 per scaffold) using the Fourier components method of the 
Directionality plugin. Results were averaged in 4 degree bins from -90 to +90 degrees, 
with frequency defined as the percentage of f-actin filaments aligned in the given 
direction.  
B.2.12 Statistical Methods 
All data are presented as mean ± standard error of the mean. Mechanical testing 
elastic modulus and extensibility results were compared using 3-way ANOVA (fiber 
alignment, time in culture, scaffold type) with Tukey HSD post-hoc testing to determine 
significant differences between groups. Mechanical properties of valve tissue were 
compared to the composite scaffold using single-factor ANOVA. To compare cell 
alignment, pairwise t-tests with the Bonferroni correction was conducted to determine if 
different groups had a difference in orientation of f-actin filaments in the scaffold. For all 





B.3.1 Biodegradable poly(ether ester urethane)urea Synthesis 
FTIR of the resulting BPUR is presented in Appendix A and was utilized to 
confirm the structure. Notably, the carbonyl absorbance at 1730 cm-1 indicated successful 
urethane formation and hydrogen bonded urea peaks at 1630 cm-1 confirmed successful 
chain extension as well as secondary interactions consistent with a two-phase morphology. 
The hard segment (HS) is further characterized by the N-H stretch from 3200-3500 cm-1. 
The absorption peaks between 2850 and 3000 cm-1 are attributed to the –CH2– groups, 
which are primarily in the soft segment (SS). The ratio of the HS peaks (3200-3500 cm-1) 
and the SS peaks (2850-3000 cm-1) reflects the ratio between HS and SS content in the 
polymer.43 The spectra also shows peaks at 1580 and 1530 cm-1 that were assigned to the 
C-N stretch and N-H (in plane bending), respectively. In addition, no unreacted 
isocyanates were present as indicated by the absence of the isocyanate peak at 2267 cm-1. 
B.3.2 Electrospinning Characterization 
SEM images were analyzed to determine fiber diameter and degree of alignment 
for the electrospun meshes. The fibers were smooth with homogenous morphology 
(Figure B.2A) and average fiber diameters of 0.50 ± 0.07 µm. Fiber alignment analysis 
indicated that fibers were predominately aligned in one direction, as indicated in Figure 
2B. Measurements taken from both stereomicroscopic images and cryosections were used 
to determine the average thickness of the BPUR. The electrospun BPUR meshes were 
measured 95.5 ± 3.8 µm thick using the stereomicroscope and 91.7 ± 4.79 µm using 
cryosections. Combined, these measurements yield an average thickness of 94.2 ± 5.2 µm. 
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This value was used to determine cross-sectional area in converting from measured load 




Figure B.2 A) SEM of electrospun BPUR; scale=10 µm. B) Histogram of fiber angle 
showing the alignment of fibers. C-D) SEM images of electrospun BPUR under tension 
applied either parallel C) or perpendicular to fiber alignment D); gray = direction of 








B.3.3 Cyclic Tension of BPUR/PEG Composites Results in Tensile Mechanical 
Properties Comparable to Native Valve Tissue 
Electrospun BPUR/PEG composite scaffolds were loaded into the grips of the 
mechanical testing device (Figure B.3B) and pulled in uniaxial tension at 1 Hz. Samples 
were pulled in the direction either parallel or perpendicular to the primary electrospun 
fiber alignment for comparison to valve tissue in the circumferential and radial directions, 
respectively. Cyclic tension resulted in a change in tensile behavior of the composite 
scaffold (Figure B.3C,D). The first cycle loading demonstrated a linear elastic response, 
typical of most elastic materials. Subsequent cycles had stress vs. strain curves that 
demonstrated a roughly curved or bilinear response, similar to biological tissue, with some 
extensibility before reaching the maximum elastic modulus. The mechanical properties 
quickly stabilized after the first conditioning cycle, as neither elastic modulus (Figure 
B.3E) nor extensibility (Figure B.3F) changed significantly after the second loading 
cycle. SEM images of the electrospun BPUR fibers while under tension demonstrate that 
fibers are aligning and not undergoing yield (Figure B.2C,D). 
After 20 cycles of tension, the composite scaffold had a bilinear stress vs. strain 
response that was similar to the valve tissue in both the circumferential (Figure B.4A) and 
radial (Figure B.4B) directions. The elastic modulus of porcine aortic valve tissue was 
17.6 ± 3.6 MPa in the circumferential direction and 2.6 ± 0.6 MPa in the radial direction. 
In comparison, the BPUR/PEG composite scaffold after 1 day of swelling had an elastic 
modulus of 10.5 ± 1.1 MPa in the parallel direction and 2.8 ± 0.1 MPa in the perpendicular 
direction. In the circumferential direction, the elastic modulus of valve tissue was 
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significantly larger (p<0.05) than the composite scaffold (Figure B.4C). The elastic 
modulus of the BPUR/PEG composite scaffolds was significantly larger in the parallel 
direction than in the perpendicular direction (p<0.05, Figure B.4C). 
The extensibility of the composite scaffolds was also compared to valve tissue 
(Figure B.4D). The BPUR/PEG scaffold was stretched to approximately 20% strain in the 
parallel direction and 35% in the perpendicular direction to approximate the physiological 
strain of the heart valve in the circumferential and radial directions, respectively. Valve 
extensibility was 10.9 ± 0.6% in the circumferential direction and 19.8 ± 1.5% in the radial 
direction. Composite scaffold extensibility was 11.9 ± 0.8% in the parallel direction and 
18.2 ± 0.7% in the perpendicular direction. In both the circumferential and radial 
directions, there was no significant difference in extensibility between valve tissue and the 
composite scaffold. The extensibility of the composite scaffold was significantly greater 
in the perpendicular direction than the parallel direction (p<0.05). Correspondingly, valve 
tissue also displayed a significantly greater extensibility in the radial direction than the 
circumferential direction (p<0.05). 
To determine the contribution of the PEG-PQ-PEG hydrogel to the mechanical 
properties of the composite scaffold, BPUR with increasing thickness of PEG-PQ-PEG 
was tested in tension in the direction parallel to the primary alignment of the electrospun 
fibers. The thickness of PEG-PQ-PEG did not have a statistically significant effect on the 
elastic modulus of the resulting scaffolds. 
Finally, the mechanical properties of dry electrospun BPUR were compared to the 
mechanical properties of dry electrospun PLGA and electrospun PCL. The PLGA was too 
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stiff to be used for heart valve tissue engineering, and it yielded after only 3% strain, as 
evidenced by the necking of the fibers in SEM images of PLGA under tension. For 
comparison, the homogeneous fiber morphology shown in Figures 2C and 2D indicated 
that electrospun BPUR fibers did not yield when tension was applied in either parallel or 
perpendicular directions to fiber alignment. Electrospun PCL was designed to 
approximate the elastic modulus of dry BPUR in both the direction parallel to the 
alignment of electrospun fibers and perpendicular to the fibers. The modulus of dry BPUR 
was 37.7 ± 2.1 MPa and 8.3 ± 0.4 MPa in the parallel and perpendicular direction, 
respectively. The modulus of electrospun PCL was 44.0 ± 1.6 MPa in the parallel direction 
and 4.0 ± 0.5 MPa in the perpendicular direction. However, the electrospun PCL also 
exhibited unfavorable tensile behavior. After the first loading to 20% strain, the 
electrospun PCL was permanently deformed (not shown). In contrast, the electrospun 






Figure B.3 A) Typical stress vs. strain curve (blue) for biological soft tissue such as 
heart valves; toe region, transition region, and collagen region are indicated. Elastic 
modulus is defined as greatest slope of stress vs. strain curve. Extensibility is defined as 
point where extension of elastic modulus line intersects the x-axis. B) Image of 
BPUR/PEG-PQ scaffold being tested in uniaxial tension; scale = 2 mm. C-D) Cyclic 
uniaxial tension stress vs. strain curves for composite BPUR/PEG-PQ scaffold stretched 
C) parallel to direction of primary BPUR fiber orientation (n=9) and D) perpendicular to 
direction of primary BPUR fiber orientation (n=4); 1st, 2nd, and 20th cycle shown. E) 
Change in elastic modulus with cyclic tension for 20 cycles. F) Change in extensibility 
with cyclic tension for 20 cycles. Both elastic modulus and extensibility stabilize after 





Figure B.4 A-B) Stress vs. stain plots from uniaxial tensile testing of preconditioned 
composite electrospun BPUR/PEG-PQ scaffold compared to fresh porcine heart valves 
in A) circumferential and B) aligned direction. C) Comparison of uniaxial tensile elastic 
modulus of fresh porcine valve tissue and composite scaffolds. Valve tissue is stiffer 
than composite scaffolds in circumferential direction (* p<0.05). Valves and composite 
scaffolds are stiffer in circumferential direction than radial direction (^ p<0.05). D) 
Comparison of tensile extensibility of valve tissue and composite scaffolds. Valves and 
composite scaffolds are more extensible in radial direction than circumferential direction 




B.3.4 BPUR Retains Mechanical Properties After 4 Weeks in Culture 
Culturing the composite BPUR/PEG scaffold with and without encapsulated VICs 
for 4 weeks resulted in no change to the elastic modulus or extensibility of the scaffold 
(Figure B.4C,D). The composite scaffold cultured for 4 weeks in media without cells had 
an elastic modulus of 10.4 ± 1.0 MPa in the parallel direction and 4.1 ± 0.4 in the 
perpendicular direction. With encapsulated cells, the elastic modulus in the parallel 
direction was 6.8 ± 0.6 MPa in the parallel direction and 3.3 ± 0.3 MPa in the perpendicular 
direction. The extensibility also did not significantly change, as the composite scaffold 
cultured for 4 weeks without cells had an extensibility of 17.9 ± 2.9% in the parallel 
direction and 17.9 ± 0.3% in the perpendicular direction. The composite scaffold with 
encapsulated VICs had extensibility of 12.4 ± 1.4% in the parallel direction and 19.4 ± 
0.7% in the perpendicular direction. When the electrospun polyurethane was subject to 
lipase digest, there was less than 3% mass loss after 4 weeks. 
B.3.5 Heterogeneous Seeding of VICs in Composite Scaffold Resulted in 
Heterogeneous, Fibrotic Scaffold Remodeling 
VICs were seeded into the composite scaffolds at a density of 15x106 cells/ml. 
Most cells were initially activated, strongly expressing the contractile protein αSMA 
(Figure B.5A). The bulk appearance of the scaffold immediately after seeding is depicted 
in Figure B.5B. When cells were seeded into a control PEG-PQ-PEG scaffold with no 
BPUR reinforcement, VICs had a homogeneous distribution with greater than 80% 
viability (Figure B.5C). However, when VICs were seeded in the composite scaffold as 
detailed in Figure 1A, the liquid polymer solution/cell suspension exhibited capillary 
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action onto the BPUR scaffold that resulted in a heterogeneous distribution of cells, with 
less cells along the edges of the scaffold (Figure B.5D). The number of cells that survived 
encapsulation into the composite scaffold compared well with live cell numbers in PEG-
PQ-PEG-only scaffolds. As a result of the heterogeneous seeding, cell behavior was also 
heterogeneous across the scaffold. Figure 5E-H shows f-actin staining examples of 
composite scaffolds imaged at 3, 5, 7, and 14 days. Areas of high cell density formed 
clusters, while areas of lower cell density took longer for cells to coalesce. By 14 days, 
cells formed mostly over-confluent layers on top of the PEG layer on both sides of the 
composite scaffold (Figure B.5H).  
By day 28, 12 out of 26 samples were contracted into a ball by encapsulated VICs 
as demonstrated in Figure B.6A. Contracted scaffolds were cross-sectioned for 
histological and IF staining roughly perpendicular to the face of the scaffold and parallel 
to the long axis of the scaffold. Representative images of the cross-sections are shown in 
Figure B.6B-I and depict the heterogeneous remodeling of the scaffolds. Some areas of 
the contracted scaffold had indications of fibrotic remodeling, being positive for αSMA 
and collagen 1 secretion, while other areas of the scaffold had cells that did not express 
αSMA or secrete collagen 1 (Figure B.6B-G). Three general morphologies were observed 
in the scaffolds cultured for 28 days: a) highly compacted cell layers directly on the surface 
of the BPUR, aligned parallel to the surface of the BPUR and containing cells strongly 
expressed αSMA and secreted collagen type 1 (areas indicated by ‘a’ in Figure B.6B-D); 
b) quiescent VICs growing in the PEG hydrogel portion of the scaffold, no expression of 
αSMA and no observable extracellular collagen type 1 (areas indicated by ’b’ in Figure 
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B.6B-D); c) ribbons of activated VICs that were located on the surface of PEG hydrogel 
with areas of either no cells or quiescent VICs between the BPUR and the ribbon (areas 
indicated by ‘c’ in Figure B.6E-G). The cells located in these ribbons were either aligned 
parallel to the underlying BPUR (as in Figure B.6F) or aligned perpendicular to the 
underlying BPUR (as shown in Figure B.6E and G). Picrosirius red staining was used to 
study collagen organization (Figure B.6H-I). In the brightfield images (Figure B.6H), 
large areas of collagenous matrix deposition stained red, but only strips on the outermost 
edges of these regions had highly aligned collagen fibers, as shown by the bright red 
birefringence under polarized light (Figure B.6I, white arrows). 
For comparison, VICs seeded in PEG-PQ-PEG hydrogels without BPUR 
maintained relatively homogeneous distribution and quiescent phenotype. No αSMA 
staining was observed in the VICs cultured in PEG-PQ-PEG scaffolds without BPUR, and 
collagen type 1 staining was mostly intercellular. VICs did not form thick ribbons of cells 





Figure B.5 A) Immediately after seeding, most VICs were activated, with strong αSMA 
signal due to being cultured on TCPS flasks prior to seeding in 3D PEG-PQ-PEG; 
green=F-actin; red=αSMA; blue=DAPI; scale=20 µm. (B) Macroscopic top view of 
BPUR/PEG-PQ composite scaffold indicating the area imaged in panels C-H (yellow 
rectangle); yellow dashed indicate edges of BPUR; white arrow indicates direction of 
primary electrospun fiber alignment; scale=1 mm. (C) LIVE/DEAD images of VICs 
immediately after seeding in in PEG-PQ-PEG scaffold (no BPUR) and (D) LIVE/DEAD 
of VICs seeded in composite scaffold both indicate > 80% viability. VICs were 
homogeneously distributed in PEG-PQ-PEG scaffolds without BPUR. However, BPUR 
wicking of cell suspension fluid caused VIC variable seeding density with fewer cells 
towards edges of composite scaffolds (observed in C); green=live cells; red=dead cells; 
scale=500 µm. (E-H) Top view images of cells spreading on composite scaffold at (E) 3 
days, (F) 5 days, (G) 7 days, (H) and 14 days. The cells formed nearly complete over-
confluent layer on surface of PEG-PQ-PEG by 14 days; green=phalloidin; scale=500 





Figure B.6 (A) After 28 days in culture, VICs contracted the composite scaffold. Panels 
B-H depict cross-sections of contracted BPUR/PEG-PQ composite scaffolds. (B) H&E 
staining, (C) Movat pentachrome staining, and (D) fluorescent staining of contracted 
scaffold showing dense cells and secreted ECM on one side of scaffold (indicated by 
lowercase ‘a’) with quiescent cells spread in PEG-PQ-PEG on other side of scaffold 
(indicated by lowercase ‘b’). (E) H&E staining, (F) Movat pentachrome staining, and 
(G) fluorescent staining of ribbon of activated cells and ECM on top of PEG-PQ-PEG 
portion of scaffold (indicated by lowercase ‘c’). BPUR is pink in H&E stain and black in 
Movat stain; Collagen stains yellow in Movat; PEG-PQ-PEG stains blue/green in Movat; 
scale=100 µm; Fluorescent images: red=αSMA; magenta=collagen 1; green=f-actin, 
blue=DAPI; scale=20 µm; BPUR portion of scaffold indicated by yellow dashed lines. 
(H-I) Picrosirius red staining of contracted scaffold in (H) brightfield and (I) polarized 
light. Collagen stains red in brightfield; bright red birefringence in polarized light image 
shows areas of highly aligned collagen fibers, as indicated by white arrows. BPUR also 




B.3.6 VICs Align with Direction of Physical Constraint 
Cell encapsulated composite scaffolds were cultured horizontally in a custom 
chamber as pictured in Figure B.7A for 7 and 28 days. The scaffolds were either held only 
on one end (Figure B.7D) or constrained by clamps on both ends (Figure B.7G). The 
directionality of the f-actin fibers was assessed to determine if the electrospun BPUR fiber 
alignment or if the constrained condition would influence cell alignment in the scaffolds. 
For unconstrained scaffolds, only the constructs that did not contract into a ball were 
evaluated. At day 7, cells growing in unconstrained scaffolds aligned with BPUR fibers 
(Figure B.7B,C) (p<0.05, n=5 pictures, 2 scaffolds).  By day 28, cells were growing in a 
thick layer of cell-secreted ECM of the surface of the PEG portion of the scaffold.  In the 
unconstrained scaffolds after 28 days in culture, cells did not orient with the underlying 
BPUR fibers (Figure B.7D-F) (n=8 pictures, 1 scaffold). However, when the scaffolds 
were physically constrained at both ends, the cells aligned horizontally, corresponding to 






Figure B.7 (A) BPUR/PEG composite scaffolds were cultured in a custom clamping 
system so that they could be constrained on both ends or held in place one end only 
(unconstrained). (B) Top view 30 µm maximum intensity z-projection of VICs spreading 
on the surface of BPUR within composite scaffold after 7 days in culture; blue=DAPI; 
green=F-actin; scale=50 µm. (C) Cells on the BPUR align with the primary direction of 
electrospun fibers (p<0.05; n=5 images, 2 samples) (D-F) Unconstrained samples were 
clamped only on one end, with primary direction of electrospun fiber alignment 
indicated by black arrow. (E) Representative top view image of f-actin in cells on top of 
unconstrained composite scaffold cultured for 28 days; scale=50 µm. (F) Cell alignment 
was determined by measuring angles of f-actin filament fluorescent staining. There was 
no direction of primary alignment of unconstrained samples (n=8 images, 1 sample). (G-
I) Constrained samples were clamped on both ends (H) Representative top view image 
of f-actin in cells on top of constrained composite scaffold cultured for 28 days; 
scale=50 µm. (I) Constrained samples had a statistically significant primary direction of 
f-actin filament alignment, corresponding to the direction of the constraint (p<0.05; 





B.3.7 Forces Applied by Bending of Scaffold May Play a Role in VIC Response 
VICs were cultured for 14 days in composite scaffolds that were bent to apply 
specific forces to the cells (Figure B.8A). When the scaffold was bent away from the cell-
seeded side, applying tension to that side, the resultant morphology resembled the case in 
in which cells formed a packed layer on top of the BPUR. The surface of the BPUR was 
nearly completely covered with over-confluent cells (Figure 8B) and the thick cell layer 
was visible in cross-section (Figure B.8C,D). Conversely, when the scaffold was bent 
toward the cell-seeded side, the cells remained in a rounded, quiescent morphology. They 
did not form a complete surface layer (Figure B.8E) and, despite a few cells on the 





Figure B.8 (A) Scaffolds were cultured for 14 days with cells only seeded on one side of 
the scaffold to investigate the effect of bending on the cellular response. (B-D) When the 
scaffolds were bent away from the cell-seeded side (applying tension to the cells), the 
cells began forming dense layer of cells and ECM on the surface of the BPUR. (B) Top 
view of f-actin (green) demonstrate nearly confluent layer on surface of scaffold; area 
pictured corresponds to yellow rectangle in Figure 5B; dashed yellow line indicates edge 
of BPUR mesh; scale=500 µm. (C) Separation of the cell layer from the BPUR is a 
sectioning artifact, but cross-section of composite demonstrates thick layer of cells 
forming on top of BPUR; green=f-actin; blue=DAPI; scale=100 µm. (D) H&E staining 
of cross-section confirming thick cell and ECM layer on surface of BPUR.; scale=100 
µm. (E-G) When scaffolds were bent toward the cell-seeded side (applying compression 
to the cells), the cells stayed relatively rounded and stayed within the PEG-PQ hydrogel. 
(E) Top view shows some areas with layer of cells growing on PEG-PQ, but in most of 
the scaffold, the cells remained in place in the PEG-PQ hydrogel; green=f-actin; area 
pictured corresponds to yellow rectangle in Figure 5B; dashed yellow line indicates edge 
of BPUR mesh; scale=500 µm. (F) Cross-section with 2 VICs on surface of hydrogel, 
while other cells remain quiescent inside the hydrogel; green=f-actin; blue=DAPI; 
scale=100 µm. (G) H&E staining of cross-section also shows cells inside hydrogel with 





In this study, a composite scaffold made from electrospun biodegradable 
polyurethane and bioactive poly(ethylene glycol) hydrogel was constructed, seeded with 
VICs encapsulated in 3D, and evaluated for the purpose of heart valve tissue engineering. 
This work builds upon several key research areas in heart valve tissue engineering. VICs 
have previously been cultured in enzymatically degradable PEG hydrogels to study their 
phenotype39, matrix synthesis40, interaction with VECS44, and response to cytokines.49 
Electrospun meshes, including those made from polyurethanes24,50, have previously been 
investigated for heart valve tissue engineering.16,22,51–54 Combinations of electrospun 
fibers and soft materials have further been used to replicate the tri-layered structure of the 
natural valve in a tissue engineering scaffold.23 More specifically, electrospun fiber 
meshes collected on a rotating mandrel can mimic the circumferentially aligned collagen 
in fibrosa layer in the natural heart valve, whereas softer materials, such as hydrogels, can 
be used to mimic the behavior of the spongiosa layer.55 Previous research in our lab has 
studied the response of VICs in 2D culture atop a composite electrospun PCL/PEGDA 
scaffold.25 VICs have been also been studied in 3D culture in gelatin/hyaluronan hydrogels 
with embedded electrospun PGS-PCL fibers.37 We have expanded on these previous 
reports to demonstrate a composite electrospun fiber/hydrogel scaffold that is tuned to 
match the mechanical properties of the native valve with encapsulated VICs cultured for 
up to 4 weeks.  
The composite scaffold was constructed with encapsulated VICs in 3D in the PEG-
PQ-PEG portion of the hydrogel around the electrospun BPUR fibers (Figure B.1A). The 
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result was a scaffold of ~200 µm total thickness with an approximately 100 µm thick 
electrospun BPUR in the middle (Figure B.1B). 5 mm x 15 mm rectangular strips were 
used for the experiments in this study, but the same procedure could be adapted to create 
aortic valve sized leaflets that could be sutured onto a sewing ring to make a tissue 
engineered valve (Figure B.1C). 
Biodegradable poly(ether ester urethane)urea with 50% hard segment was used for 
the composite scaffold due to its excellent mechanical properties, cytocompatibility, slow 
degradation rate, and sufficient wetting with the PEG-PQ-PEG hydrogel that enabled 
composite fabrication. BPUR was chosen because the mechanical properties of other 
commonly electrospun materials are not ideal for heart valve tissue engineering. PLGA 
exhibited a high stiffness and yielded at only 3% strain as evidenced by necking in the 
fibers under tension. PCL suffered from insufficient resiliency, not shown. After cyclic 
tension to 20% strain, PCL was permanently deformed, which was not observed with the 
electrospun BPUR meshes. Furthermore, PCL is hydrophobic and must be modified in 
order to be used for a composite scaffold with a hydrogel component.25 Due to the PCL-
PEG-PCL triblock soft segment, BPUR displayed sufficient wetting with the PEG-PQ-
PEG hydrogel precursor solution to allow for good laminate strength due to interdigitation 
of the hydrogel around the electrospun fibers. The BPUR also displayed sufficiently slow 
enzymatic and hydrolytic degradation to maintain mechanical properties for the duration 
of the culture period.   
The mechanical properties of the electrospun BPUR were designed through 
synthesis and collection of electrospun fibers on a rotating mandrel to match the maximum 
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tangent elastic modulus, the extensibility, and the anisotropy of valve tissue. Upon cyclic 
loading, the composite scaffold developed a tissue-like stress vs. strain response, with a 
bilinear curve that approximated that of valve tissue (Figure B.4A,B). Physiological strain 
for aortic valves is approximately 10% in the circumferential direction and 40% in the 
radial direction.56 While implanted replacement valves should match the maximum elastic 
modulus of native valve tissue, it is just as important that they match the mechanics of 
valve tissue in this lower, physiological strain regime. The stress vs. strain behavior of the 
BPUR/PEG composite scaffold matched the valve tissue well in the circumferential 
direction up to 10% strain, but valve tissue was stiffer than the BPUR/PEG composite 
scaffold as measured by maximum elastic modulus. While the elastic modulus of porcine 
aortic valve tissue was significantly greater than the BPUR/PEG composite in 
circumferential direction, the designed BPUR/PEG modulus of ~10 MPa fell within the 
range of mechanical properties reported for aortic valve tissue.2,3,5,57–59 In the radial 
direction, both the measured maximum elastic modulus and extensibility of the 
BPUR/PEG composite scaffold match valve tissue well (Figure B.4C,D). However, the 
stress vs. strain plot demonstrated an extended toe region in valve tissue, which the 
BPUR/PEG composite did not match well after 5% strain. 
VICs encapsulated for 28 days in 3D in the PEG-PQ hydrogel portion of the 
scaffold adopted an activated phenotype that resulted in αSMA stress fiber formation and 
localized mature collagen deposition (Figure B.6) when compared to a PEG-PQ-PEG 
scaffold that had no electrospun fibers. VICs cultured in soft hydrogels are known to 
quickly decrease αSMA expression60,61, but the presence of the stiff BPUR fibers may 
 251 
 
have prevented VICs from returning to a quiescent phenotype, especially in portions of 
the scaffold which had a thinner layer of PEG-PQ-PEG. However, there were also regions 
of the composite scaffold with cells that did not express αSMA, despite the BPUR fibers. 
The heterogeneous cellular response is depicted in Figure 6.  In some regions of the 
contracted scaffold (labeled ‘a’ on Figure B.6B-D), VICs were activated, which is evident 
because these regions of dense cells strongly expressed αSMA, secreted collagen 1, and 
produced enough MMP-2 to completely degrade the hydrogel portion of the scaffold.  In 
other regions (labeled ‘b’ of Figure B.6B-D), VICs retained a quiescent phenotype.  F-
actin staining demonstrated that cells spread within the hydrogel portion but they did not 
express αSMA nor secrete collagen protein, similar to VIC behavior in the PEG-PQ-PEG 
only scaffold. Finally, in some areas of the composite scaffold (labeled ‘c’ in Figure B.6E-
G), VICs produced a layered response with activated VIC forming a thick ‘ribbon’ of cells 
and collagen 1 on the surface of the hydrogel, while cells remained quiescent phenotype 
in the hydrogel portion of the scaffold between the BPUR and the ribbon atop the 
hydrogel.  The exact reason for the heterogeneous response was not fully elucidated in 
this study, but several factors may play a role. 
Cells seeded on the composite scaffold were harvested, frozen, and expanded on 
unnaturally stiff tissue culture polystyrene. Research has shown that cells may undergo 
non-reversible phenotypic changes based on culture substrate through the YAP/TAZ 
pathway62. In the future, characterizing the phenotype of the VICs immediately after 
seeding within the composite scaffold would provide insight into their behavior later 
during the culture period. In addition, cells could have attached to different portions of the 
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scaffolds using different integrins, which may also affect cellular response. PEG resists 
protein adsorption, and cells can only attach to the PER-RGDS molecule.  However, as 
serum and cell secreted proteins adsorb to the BPUR, cells can bind to ECM proteins using 
other integrins. The heterogeneous distribution of attachment ligands and the specific 
integrin that cells are using to bind to the scaffold may contribute to the variable cell 
behavior. Another factor may have been the heterogeneous distribution of cells due to the 
capillary action of the BPUR when it first contacted the cell solution (Figure B.5D). 
Several modifications to the protocol to construct the scaffold, including pre-wetting the 
BPUR with polymer solution, were used, but none resulted in a homogeneous distribution 
of cells observed in the PEG-PQ-PEG only scaffolds (Figure B.5C). In light of these 
results, we sought to characterize some aspects of the proliferation and activation of VICs 
within the composite scaffold. 
After only 7 days, cells seeded in the composite scaffold aligned with the primary 
direction of the BPUR fibers (Figure B.7B,C). However, after 28 days in culture, a thick 
layer of cells and matrix developed on top of the BPUR/PEG-PQ composite and the 
orientation of the cells did not correlate with the primary direction of electrospun fibers 
(Figure B.7D-F).  This result might be attributed to the thickness of the hydrogel layer, 
but further research is needed to verify the effect of hydrogel thickness. However, in 
scaffolds which were held tight on both ends by physical constraint, cells aligned in the 
direction of the constraint (Figure B.7G-I). Activated VICs exerted forces on the scaffold, 
but the clamps prevented the scaffold from contracting, which caused VICs to align in the 
direction of the constraint. Although the cells were not able to contract the scaffold, they 
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remodeled the scaffold in a manner similar to unconstrained scaffolds, with thick layers 
of cells and ECM on top of the PEG-PQ-PEG on each side of the scaffold (data not 
shown). 
Finally, based on observations of the cell and secreted ECM morphologies under 
long-term culture (Figure 6), we hypothesized that the bending of the scaffold reinforced 
the fibrotic phenotype. To investigate, scaffolds were placed in a pre-bent condition with 
cells seeded only on one side and cultured for 14 days (Figure B.8A). Pronounced 
differences were observed in the cells depending on which side of the bent scaffold they 
were grown. On the tensile loading side (scaffold bent away from cells), the cells formed 
a complete layer of cells on top of the PEG-PQ-PEG portion of the scaffold (Figure B.8B) 
that resembled the unconstrained scaffolds at 14 days (Figure B.5H). A ribbon pattern of 
cells and matrix had formed on the top of the scaffold (Figure B.8C,D). On the contrary, 
cells seeded on the compression side of the bent scaffolds (scaffold bend toward cell side) 
did not form a complete layer (Figure B.8E) on top of the scaffold. Most cells remained 
inside the scaffold and retained a quiescent phenotype. It remains unclear if only the forces 
applied to the cell layers were the direct cause of the differences seen in the bent scaffolds 
or if there are other factors that also contributed to the observed behavior. 
Overall, this study demonstrated promising mechanics of a BPUR/PEG composite 
scaffold for heart valve tissue engineering and valve cell behavior and phenotype in 
response to the scaffold in static culture. However, there are many opportunities for 
subsequent research directions that can be addressed. First, although cell engraftment into 
this composite scaffold was improved compared to a scaffold made of only electrospun 
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fibers, the electrospun BPUR still does not allow for cellular infiltration because of the 
small pore size. Strategies such as concurrent electrospinning/electrospraying36, adding 
sacrificial fibers63, or melt electrospinning with larger pore sizes64 may be useful for 
improving the ability for cells to populate the interior of the scaffold. Second, we were 
able to optimize the mechanical properties of the electrospun BPUR so that cyclic loading 
in uniaxial tension resulted in valve-like tissue mechanics. However, we did not 
investigate how the complex in vivo mechanical environment would affect the anisotropic 
extensibility we observed after cyclic uniaxial tension. Biaxial cyclic loading or long-term 
bioreactor conditioning studies would be beneficial to evaluate further how the mechanical 
properties of the composite will respond to realistic loading. The change in VIC behavior 
in response to physiologically-relevant mechanical stimulation over time also merits 
further investigation. Third, while we observed some interesting phenomena by culturing 
the composite scaffold constrained on both ends or by introducing bending, the sample 
size of these experiments is too small to make generalizable conclusions. There are still 
many aspects of valve cells response that need to be characterized and further confirmed 
using human-derived VICs or a clinically-relevant cell line. The heterogeneous VIC 
seeding resulted in heterogeneous VIC behavior in ways that are not yet fully understood. 
However, we are optimistic that future experiments to investigate VIC motility, ECM 
synthesis, and activation will improve the understanding of VIC responses to an 
electrospun fiber/hydrogel composite scaffold. Finally, the fibrotic remodeling that was 
observed in these results demonstrated that the current composite BPUR/PEG scaffold 
needs further refinement in order to be utilized for tissue engineering applications. The 
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observed fibrotic remodeling may be a result of the static culture conditions, but 
contraction and fibrotic remodeling of a tissue engineered heart valves has also been 
frequently observed in dynamic culture in vitro and in vivo.65,66. Although these studies 
provide a broad, initial overview of the potential of these composite grafts to mimic the 
complexity of the native heart valve, further characterization of the grafts may enable them 
to be used as a model to better understand the fibrotic behavior of VICs. Strategies to 
prevent or control contraction of the BPUR/PEG composite scaffold may lead to insights 
in understanding the mechanisms behind fibrotic disease states.  
 
B.5 Conclusions 
We have employed the advantages of both polyurethane electrospun fibrous 
meshes and hydrogels to construct a tissue engineering scaffold that mimics the structure 
and the mechanical behavior of the fibrosa layer of natural aortic valve tissue. The 
electrospun BPUR was tuned to approximate the maximum tangent modulus, 
extensibility, and anisotropy of the natural valve. Cells encapsulated in the hydrogel 
portion of the scaffold grew and remodeled the scaffold in response to the electrospun 
fibers. We were able to investigate the response of valve cells by constraining scaffold 
contraction or applying slight bending to the scaffold while in culture. These results 
suggest culture conditions exert some level of control over cell remodeling, but also 
illustrate the need for future research to better understand the valve cell response to 
synthetic electrospun scaffolds. Overall, this system provides a method to produce a 
composite that has the potential to be used as a scaffold to mimic the anisotropic 
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behavior of the heart valve, and as a model to evaluate the fibrotic response of valve 
cells.  
 
